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Abstract 
Ultrasound modulated optical tomography (UOT) is a hybrid technique which 
combines optical contrast with ultrasound (US) resolution to achieve deeper tissue 
imaging. However, the technique is currently limited due to the weak modulation 
signal strength and consequently a low Signal-to-Noise Ratio (SNR). One potential 
way to increase the SNR of UOT is to increase the ultrasound induced particle 
displacement, by either increasing the ultrasound amplitude or using the acoustic 
radiation force (ARF). In this thesis, I theoretically studied the relationship between 
the scatterers‘ displacements and the modulation signal strength and experimentally 
investigated the ARF in addition to investigating the detrimental effects of shear 
wave propagation on ultrasound modulated optical (UO) signals. 
A Monte Carlo simulation tool was developed to investigate how the UOT 
signal changes with increasing amplitude of ultrasound induced particle displacement 
in the simulation object. By combining a realistic ultrasound field with UOT 
simulation, the nonlinear effect of ultrasound on UOT signal was studied for the first 
time. 
An UOT experiment system, using a CCD camera and a single element 
transducer driven by an amplitude-modulated (AM) ultrasound signal to generate an 
oscillatory ARF, was tested on a tissue mimic phantom. The effect of AM ultrasound 
on UO signals was investigated for the first time. It was found that with longer CCD 
exposure times, larger ARF induced particle movements can be captured and the UO 
signal was increased.  
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Next the effects of an ARF induced shear wave on UO signals are studied. The 
ARF induced shear waves can propagate transversely out of the focal region and may 
reduce spatial resolution. This is the first examination of the time evolution of the 
shear wave effect generated by a short ultrasound burst on the UO signal. The spatial 
resolution of the system was studied by scanning the phantoms. It was found that by 
adjusting the timing and length of CCD exposure, shear wave effects can be 
minimised and both the optical and mechanical properties of the phantom can be 
detected and distinguished.  
 
Declaration of Originality 
5 
Declaration of Originality 
The work presented in this thesis is all my own work unless otherwise 
attributed.
Acknowledgements 
6 
Acknowledgements  
First I would like to thank my supervisor Dr. Mengxing Tang who believed in 
me and gave me the chance to do a PhD. During my 3 year PhD study, he has always 
very patiently guided and supported me both in research and financially. I am indeed, 
deeply grateful for all his help during my PhD and especially for always encouraging 
me to publish and present my work. Without his help, I could not have done a PhD. 
I must give a special big thank you to my second supervisor Dr. Daniel Elson. I 
definitely needed his help to set up the optical experiment. Without his help and 
equipments, I think I can‘t do my experiments and finish my PhD. He always 
patiently gave me his suggestions and ideas about my research.  
I must thank Miss Lipei Song. Although she has her own PhD project, she spent 
a lot of her time with me for helping me to setup the very first experiment. She is an 
expert at optics and gave me a lot of guidance on how to use labview and her matlab 
programs. I can say she stayed with me when I met the difficulties during my PhD 
Next I would like to thank Dr. Robert Eckersley and Dr. Christopher Dunsby. 
They were very professional in their field and gave me a lot of valuable suggestions 
about my research. They always gave me lots of help and support whenever I asked. I 
am very grateful for all the things they have done for me.  
I also must give a thank you to my group people: Dr. Charles Sennoga, Jonathan 
Loughran, Dr. Helen Mulvana. They gave me lots of supports during my PhD study. 
All of them are very smart people. They always gave me lots of suggestions and ideas 
when I present my work in the group meeting although we were working in different 
fields. I am grateful to have chance to meet these nice people. 
I also need to thank my best friend Miss Cong Liu who is also a PhD student at 
Imperial College. I shared lots of feelings no matter good or bad. I had a very good 
time together to face the difficulties living abroad. 
I must thank my parents who are the most important people in my life. Thank 
you for giving me a wonderful life. Thank you for your support during my PhD study 
emotionally and financially whenever I needed. 
Acknowledgements 
7 
 Finally, I must thank my love Dr. Kristopher Peterson. Thank you for trying so 
hard to make me to be happy everyday during the last two years of my PhD study. 
Thank you for always being there listening to my complaining. Thank you for always 
waiting for me to finish the experiments until very late at night. Without you I 
wouldn‘t be brave enough to meet all the difficulties that I met during my PhD. And 
without you I would always have starved during the nights that I had to stay at school 
to finish experiments. Thank you very much for discussing my experimental results 
with me although you are not in my area at all. Thank you for always being nice to me 
and patient with me. Finally, thank you for your help editing my thesis and correcting 
my English mistakes! 
Table of Contents 
8 
  Table of Contents 
Abstract .......................................................................................................................... 3 
Acknowledgements ........................................................................................................ 6 
Table of Contents ........................................................................................................... 8 
List of Figures .............................................................................................................. 11 
List of Tables ............................................................................................................... 20 
1 Introduction ...................................................................................................... 21 
1.1 General review of medical imaging techniques ..................................... 21 
1.2 Ultrasound imaging ................................................................................ 24 
1.3 Biomedical optical imaging .................................................................... 27 
1.4 Summary of chapters .............................................................................. 32 
2 Ultrasound modulated optical tomography ...................................................... 34 
2.1 Acousto-optic effect in a transparent medium ........................................ 34 
2.2 Ultrasound modulated optical tomography in a turbid medium ............. 38 
2.3 Mechanisms of UOT .............................................................................. 39 
2.4 Modelling and simulation study review of UOT .................................... 41 
2.5 Experimental work review of UOT ........................................................ 43 
2.6 Current challenges and motivation of this work ..................................... 50 
Table of Contents 
9 
3 Simulation study on optical modulation signal and tissue displacement in 
ultrasound modulated optical tomography (UOT) ........................................... 54 
3.1 Introduction ............................................................................................ 54 
3.2 Ultrasound pressure field simulation ...................................................... 55 
3.3 Estimation of the particle displacement based on ultrasound pressure .. 62 
3.4 Monte Carlo simulation of UOT with realistic ultrasound fields ........... 65 
3.5 Summary and discussion ........................................................................ 81 
4 Parallel detection of AM ultrasound modulated optical signals ...................... 83 
4.1 Introduction ............................................................................................ 83 
4.2 Theory ..................................................................................................... 84 
4.3 Experiment methods ............................................................................... 95 
4.4 Experimental results ............................................................................. 103 
4.5 Summary and discussion ...................................................................... 108 
5 Optical parallel detection of absorption and shear stiffness contrast in tissue-
mimic phantom with acoustic bursts .............................................................. 110 
5.1 Introduction .......................................................................................... 110 
5.2 Experiment methods ............................................................................. 112 
5.3 Experimental Results ............................................................................ 117 
5.4 Summary and discussion ...................................................................... 131 
Table of Contents 
10 
6 2-D imaging using ARF modulated optical tomography in tissue phantoms 134 
6.1 Introduction .......................................................................................... 134 
6.2 Experimental setup ............................................................................... 135 
6.3 Tissue phantoms ................................................................................... 136 
6.4 Experimental methods .......................................................................... 136 
6.5 Results .................................................................................................. 138 
6.6 Summary and discussion ...................................................................... 142 
7 Summary and discussion ................................................................................ 143 
7.1 Summary and discussion ...................................................................... 143 
7.2 Key contributions ................................................................................. 147 
7.3 Future work ........................................................................................... 148 
Publications ................................................................................................................ 150 
References .................................................................................................................. 152 
 
List of Figures 
11 
List of Figures 
Figure 1.1 Electromagnetic spectrum (Revised from [14]) ..................................... 27 
Figure 1.2 Absorption coefficients of primary biological absorbers. The red area 
highlights the absorption coefficients in different media for the visible spectrum. . 28 
Figure 2.1 (a) Acousto-optic effect (b) A diffraction image showing the acousto-
optic effect (revised from Wikipedia website) ......................................................... 35 
Figure 2.2 Standard experiment of the diffraction of light by ultrasound. λa is the 
acoustic wavelength, λ that of light in vacuo, the interaction length L is the 
dimension light; D is the width of the light beam in the direction of propagation 
of ultrasound; (Revised from [26]) .......................................................................... 35 
Figure 2.3 Intensity of different orders of diffracted rays as a function of the 
modulation index γ under Raman and Nath conditions. In the absence of 
modulation (γ=0) 100% of the incident light is found concentrated in the 0 order, 
which is completely quenched for γ=2.4; for γ=1.85 the intensity of orders ±1 is 
at maximum (Revised from [26]) ............................................................................ 37 
Figure 2.4 The typical configuration of an acousto-optic imaging system.............. 39 
Figure 2.5 The mechanisms of UOT (Revised from [28])....................................... 40 
Figure 2.6 Diagram of a typical UOT system. The red area within the water tank 
represents US modulation area. US, ultrasound transducer; FG, function 
generator; RF amp: RF amplifier; PC: Personal Computer. .................................... 44 
Figure 2.7 Experiment setup of imaging of turbid media using ultrasound 
modulated laser light. The arrows between blocks represent electrical signals, 
and the green arrows from the laser and from the water tank represent optical 
signals. S, sample; A, aperture; PMT, photomultiplier tube. (Revised from [46]) .. 46 
List of Figures 
12 
Figure 2.8 Schematic of the experimental setup (Revised from [52]) ..................... 48 
Figure 2.9 Experimental setup: MM, moving mirror; AOM1 and AOM2, 
acousto-optic modulators; BE, beam expander; Ms, mirrors; S, sample; BS, beam 
splitter; CCD, CCD camera; D, diaphragm with rectangular aperture; O, lens; LO 
beam, low-intensity beam; EA, ultrasound tagged photon beam; EL, beam 
diffused by the sample; ELO, LO Beam. .................................................................. 49 
Figure 3.1 The geometry of the ultrasound simulation. The radius of the 
ultrasound transducer is 1.25 cm, the focal point of the ultrasound field is at 
z=5.01 cm. The ultrasound fields were only calculated for a 2.4 cm × 3.87 cm 
area shown as the shaded area. ................................................................................ 57 
Figure 3.2 The pressure waveform at the ultrasound transducer surface (a) and 
the pressure waveforms of the ultrasound focal point (b~h) with different 
ultrasound pressure, absorption coefficient (A) and nonlinear coefficient (N). (b) 
A=0, N=0, G=30.7. (c) A=0.02446, N=0.004375, G=30.7. (d) A=0.02446, 
N=0.04375, G=30.7 (e) A=0.02446, N=0.0875, G=30.7 (f) A=0.02446, 
N=0.13125, G=30.7 (g) A=0.02446, N=0.175, G=30.7 (h) A=0.02446, 
N=0.21875, G=30.7. ................................................................................................ 60 
Figure 3.3 Ultrasound fundamental (fa) and second harmonic (2fa) pressure 
amplitudes of the ultrasound focal point versus the pressure at the surface of the 
transducer. ................................................................................................................ 61 
Figure 3.4 (a) Ultrasound linear pressure field of z-r plane in Figure 3.1 (A=0, 
N=0) (b) Normalized pressure value along z axis of (a) (c) Ultrasound nonlinear 
pressure field of z-r plane in Figure 3.1 (A=0.02446, N=0.21875) (d) Normalized 
pressure value along z axis of (c). ............................................................................ 62 
List of Figures 
13 
Figure 3.5 A bulk material shown (a) at equilibrium, is (b) distorted by the 
passage of an acoustic wave (Revised from [7]) ..................................................... 63 
Figure 3.6 The two main mechanisms of UOT. The red area with the blue dash 
circle stands for the ultrasound focal area. The green line in the graph stands for 
a photon‘s path within the ultrasound focus area. The yellow arrows describe the 
particle oscillations induced by the ultrasound pressure.......................................... 66 
Figure 3.7 The geometry of the UOT simulation .................................................... 68 
Figure 3.8 Bilinear interpolation graph .................................................................... 70 
Figure 3.9 The modulation depth contributed by the index of refraction alone, 
Mn; the modulation depth contributed by displacement alone, Md; and the 
modulation depth contributed by both, Msum. (a) The simulation results from 
[32]. (b) The simulation results from my simulation. .............................................. 74 
Figure 3.10 (a) The background light and (b) the modulated light intensities at 
fundamental (fa, top three lines) and second-harmonic (2fa, bottom three lines) 
ultrasound frequencies versus the pressure amplitude on the surface of the 
ultrasound transducer when different optical scattering coefficients were applied. 
All these results were normalized with the background light intensity when the 
ultrasound amplitude was 0 MPa. ............................................................................ 76 
Figure 3.11 (a) The background light intensity and (b) the modulated light 
intensities at fundamental and second-harmonic ultrasound frequencies versus 
the pressure amplitude on the surface of the ultrasound transducer when different 
optical absorption coefficients (µa) were applied. All these results were 
normalized with the background light intensity when ultrasound amplitude was 0 
MPa. ......................................................................................................................... 77 
List of Figures 
14 
Figure 3.12 The background light intensity (a) and the modulated light intensities 
at fundamental (b) and second-harmonic (c) ultrasound frequencies versus the 
pressure amplitude on the surface of the ultrasound transducer. All these results 
were normalized with the background light intensity when ultrasound amplitude 
was 0 MPa. ............................................................................................................... 78 
Figure 3.13 Distribution of the phase shifts 𝛗𝐣, for the 9103 detected photons in 
the simulation of the UOT system. The histogram bins have a width of 2. (a) the 
magnitude of the phase shifts at pfocal=1 MPa. (b) the magnitude of the phase 
shifts at pfocal=2 MPa. (c) the magnitude of the phase shifts at pfocal=3 MPa. (d) 
the magnitude of the phase shifts at pfocal=4 MPa. ................................................... 80 
Figure 4.1 A 3D plot of a spatial shear wave pattern in the (X, Z) plane at a given 
sampling time 13 ms after a pulsed ARF launched. (calculated based on [79]) ...... 88 
Figure 4.2 Shear-wave attenuation coefficients as a function of CW shear-wave 
frequencies. Three curves are plotted for viscosities of 0.1, 1, and 10 Pa s. ........... 90 
Figure 4.3 Amplitude attenuation of the shear wave versus the propagation 
distance. The viscosity value in the graph is 1 Pa s. ................................................ 90 
Figure 4.4 (a) Normalized acoustic radiation force amplitude versus time for the 
AM ultrasound at 250 Hz. (b) Fourier Transform of the force displayed (a). ......... 93 
Figure 4.5 The geometry of the 3-D field and the position of point A relative to 
the position of the point force f. The focal length of the ultrasound transducer is 5 
cm. ............................................................................................................................ 93 
Figure 4.6 Variation of the normalized particle displacement along the X axis 
(see Figure 4.5) in response to a 250 Hz AM frequency force measured at 
different times .......................................................................................................... 94 
List of Figures 
15 
Figure 4.7 normalised particle displacement as a function of time at one spatial 
point measured with different oscillating frequencies ............................................. 95 
Figure 4.8 The experimental setup of measuring the attenuation of an agar-
intralipid phantom .................................................................................................... 97 
Figure 4.9 Waveforms received by a hydrophone ................................................... 98 
Figure 4.10 A B-mode ultrasound image of the agar-intralipid phantom................ 99 
Figure 4.11 Experimental Setup: FG, Function Generator; DG: Delay Generator; 
The inset figure surrounded by dashed line illustrates the trigger setup in the 
trigger-delay generator (Stanford DG535) ............................................................. 100 
Figure 4.12 Image contrast versus image recording time (ms) for CW ultrasound 
with 0.2 ms CCD exposure times. The maximum pk-pk amplitude is ~318 kPa 
(225 mVpp). The ultrasound frequency is 5 MHz. ................................................ 102 
Figure 4.13 Contrast Difference versus CCD trigger delay time for CW 
ultrasound and AM ultrasound with various CCD exposure times. The maximum 
pk-pk amplitude is the same for the AM and the CW ultrasound. The AM 
frequency is 250 Hz. .............................................................................................. 104 
Figure 4.14 Average acousto-optic signal versus AM ultrasound frequency (Hz). 
Ultrasound amplitude is 1.13 MPa pk-pk (800 mV). CCD exposure time is 2 ms. 
X axis was plotted in log scale. .............................................................................. 105 
Figure 4.15 Average acousto-optic signal versus ultrasound amplitude (mV). AM 
frequency is fixed at 250 Hz. CCD exposure time is 2 ms. The pk-pk acoustic 
pressures for 225 mV and 900 mV are 318 kPa and 1.02 MPa respectively. ........ 106 
Figure 4.16 Geometry of the detection area. The green circle is the optical 
detection area. The dot, dash and solid lines stand for the different positions of 
the phantom. The detection area is in the middle of the phantom in solid line. .... 107 
List of Figures 
16 
Figure 4.17 UO signal values for detection areas at different positions on the 
phantom in order to see the effects of boundary reflection on the detected optical 
signals. The results correspond to the color coded boxes in Figure 4.16. ............. 107 
Figure 4.18 (a) Ultrasound images measured on a SSI ultrasound scanner. The 
white, circle is the view of interest (VOI) and the white, rectangular box is the 
relative position of the linear ultrasound probe. The color area in the top graph 
shows particle displacement amplitude induced by the acoustic radiation force 
and shear wave. The graph on the bottom shows a normal B mode ultrasound 
image of the tested phantom. (b) Shear wave reflection recorded on a SSI 
ultrasound scanner. ................................................................................................ 108 
Figure 5.1 Schematic of experimental setup: US, ultrasound transducer; FG, 
function generator; RF amp, radio frequency amplifier. For both diagrams, either 
the ultrasound transducer (a) or the water tank (b) is moved along the Y axis by 
the motor stepper.................................................................................................... 113 
Figure 5.2 Three inhomogeneous phantoms. (a) The black cylinder represents the 
cylindrical inclusion containing India ink. (b) The black cylinder represents the 
cylindrical inclusion containing India ink, whilst the grey cylinder represents the 
inclusion with modified shear stiffness. (c) The two cylindrical inclusions 
contain the same amount of India ink. The one on the left has the same 
mechanical property as the bulk phantom, while the one on the right is stiffer 
than the bulk phantom. ........................................................................................... 116 
Figure 5.3 (a) Sketch of the relative position of ultrasound focal area to the 
centre of the laser beam. (b) Contrast difference versus CCD trigger delay time 
for a 250 Hz-AM-US burst with 0.2 ms and 2 ms CCD exposure time. ............... 117 
List of Figures 
17 
Figure 5.4 (a) Sketch of the positions of the ultrasound focal area relative to the 
center of the laser beam. (b-c) Contrast difference for different positions of 
ultrasound focal point with 0.2 ms (b) and 2 ms (c) CCD exposure time. ............ 119 
Figure 5.5 (a) Sketch of the relative position of ultrasound focal area to the 
center of the laser beam. (b) Contrast difference for AM bursts with different 
number of cycles when ultrasound focal point was 20 mm away from the centre 
of the optical detection area. .................................................................................. 121 
Figure 5.6 Contrast difference versus CCD trigger delay time for a 250 Hz-AM 
US burst with 0.2 ms and 2 ms CCD exposure time in a homogeneous area (blue 
line) and an absorbing area (red line) .................................................................... 123 
Figure 5.7 (a) Comparison of the 1-D spatial profile of an optical absorber 
obtained with a 0.2 ms CCD exposure time measured 2 ms after launching the 
acoustic burst (L1) with 1-D profiles with a 2 ms CCD exposure time measured 
at varying delay times after launching the acoustic burst (L2-L5, results of CCD 
delay time greater than 3 ms not shown in this graph). (b) A plot of the same 1-D 
profiles (L1-l5) as those shown in (a), plus L6-L10 which were obtained with 
CCD delay times between 4 and 8 ms. .................................................................. 124 
Figure 5.8 (a) The photograph of the phantom picture taken immediately after 
the experiments. The distance between the centers of these two optical absorbers 
is ~5 mm. (b) 1-D profiles of two optical absorber that were measured with a 
CCD exposure time of 0.2 ms and a 2 ms delay times (black line) and with a 
CCD exposure time of 2 ms following the acoustic burst at different delay times 
after launching a 250 Hz-AM acoustic burst. ........................................................ 126 
Figure 5.9 Contrast difference versus CCD trigger delay time for a 250 Hz-AM 
US burst with 0.2 ms (a) and 2 ms (b) CCD exposure time in different phantoms127 
List of Figures 
18 
Figure 5.10 (a) The phantom picture taken right after the experiments. The 
diameter of the optical inclusion (the one on the left) is ~3.5 mm. The diameter 
of the stiffer inclusion (the one with a red-dash circle on the right) is ~8 mm. (b) 
1-D profiles of an inhomogeneous phantom measured with various CCD 
exposure times and CCD delay times. There are two inclusions inside the 
phantom. The one on the left has added India ink for optical absorption but has 
the same stiffness with the background. The one on the right is stiffer than the 
bulk of the phantom but has similar optical absorption as the background. .......... 128 
Figure 5.11 A B-mode ultrasound image of the phantom displayed in Figure 
5.10(a). The area within the dotted-white frame is the area of the cylindrical-
harder inclusion. The area within the dotted-orange frame is the area of the 
cylindrical-optical absorption inclusion. ................................................................ 129 
Figure 5.12 (a) The phantom picture taken right after the experiments. The 
diameters of these two black-optical inclusions are ~7 mm. (b) 1-D profiles of an 
inhomogeneous phantom measured with various CCD exposure times and CCD 
delay times. There are two inclusions inside the phantom. Both of them have 
added India ink for optical absorption but have different stiffness. The one on the 
left has the same stiffness with the background. The one on the right is stiffer 
than the bulk of the phantom. T in the legend stands for the measurement delay 
time following an acoustic burst. ........................................................................... 131 
Figure 6.1 Experimental Setup: FG, Function Generator; DG: Delay Generator. 
2-D scans were performed by moving the water tank along the Y and Z axis. ..... 135 
Figure 6.2 (a) The whole experimental setup (b) The 2-D scanning setup. I scan 
the medium in the Y and Z directions. ................................................................... 135 
List of Figures 
19 
Figure 6.3 (a) Inhomogeneous phantom geometry. The black cylinder represents 
the cylindrical inclusion containing India ink. Its height (5 mm) is along the X 
axis. The diameter of this cylinder is between 5 and 6 mm. (b) the phantom 
picture taken right after the experiments. .............................................................. 136 
Figure 6.4 (a) A 2-D profile of an inhomogeneous phantom measured with a 0.2 
ms CCD exposure time and a 2 ms CCD trigger delay time. (b) A 2-D profile of 
an inhomogeneous phantom measured with a 2 ms CCD exposure time and a 1 
ms CCD trigger delay time. (c) 1-D profiles taking along the midline (Z=9 mm) 
from (a) and (b). (d) 1-D profiles taking along the midline (Y=0 mm) from (a) 
and (b). ................................................................................................................... 138 
Figure 6.5 (a~b) 2-D profiles of an inhomogeneous phantom measured with a 0.2 
ms CCD exposure time and 2 ms and 6 ms CCD trigger delay times. (c) 1-D 
profile taking along the midlines (Z=9 mm) from (a) and (b). (d) 1-D profile 
taking along the midlines (Y=0 mm) from (a) and (b). ......................................... 140 
Figure 6.6 (a~d) 2-D profiles of an inhomogeneous phantom measured with a 2 
ms CCD exposure time and 1 ms, 5 ms, 9 ms and 13 ms CCD trigger delay times. 
(e) 1-D profile taking along the midlines (Z=9 mm) from (a~d). (f) 1-D profile 
taking along the midlines (Y=0 mm) from (a~d). .................................................. 141 
List of Tables 
20 
List of Tables 
Table 1.1 Comparison of Various Medical Imaging Modalities (Revised from [3])
.................................................................................................................................. 23 
Table 1.2 Basic acoustic characteristics of two example ultrasonic waves 
(Revised from [8]).................................................................................................... 25 
Table 1.3 Motivation for acousto-optic tomography (AOT) and photo-acoustic 
tomography (PAT) (Revised from [12]) .................................................................. 31 
Table 3.1 The pressure amplitudes P0 on the surface of the ultrasound transducer 
and the nonlinear coefficients (N) versus the linear pressures of the ultrasound 
focal point Pfocal. ....................................................................................................... 59 
Table 3.2 The values of the focal linear pressures, the pressures of the ultrasound 
transducer surface, the ultrasound focal pressure at fundamental frequency (5 
MHz) and the pressure at the ultrasound second harmonic (10 MHz) which were 
shown in Figure 3.3.................................................................................................. 75 
Table 4.1 Illustration of three beam forming geometries for generating an 
oscillatory ARF. (From Ref. [10]) ........................................................................... 86 
 
Chapter 1 
21 
1 Introduction 
This chapter will give a general review of medical imaging techniques (section 
1.1), ultrasound imaging (section 1.2), biomedical optical imaging (section 1.3), 
and an outline of this thesis (section 1.4). 
1.1 General review of medical imaging techniques 
Medical imaging techniques such as X-ray Computerized Tomography 
(CT), Magnetic Resonance Imaging (MRI), Positron Emission Tomography 
(PET) and ultrasound (US) have revolutionized the way human body structure 
and function can be interrogated and visualized. These techniques reveal various 
tissue properties and are playing a vital role in screening, clinical diagnosis, 
patient management, and image-guided treatment and monitoring. CT uses a 
series of scanned 2D X-ray images taken around a single axis of an object to 
calculate a 3D reconstruction of the interior of the object. The 3D structure can 
be projected from one view point or as a series of 2D slices descending through 
the object through a process called ―windowing.‖  
MRI generates images by using powerful magnetic fields to align the spin 
axes and directions of atoms in the body and uses radio frequency fields to alter 
and probe the alignment. The realignment of atoms generates changing magnetic 
fields that can be detected by the scanner and used to generate a 3D image of the 
body. MRI is useful both because it uses nonionizing radiation and generates 
high contrast images even of soft tissue such as brain, muscle, heart, and cancers, 
in contrast to X-ray imaging techniques.  
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PET scans use a radionuclide bound to a biologically active molecule 
injected into the body. When the radionuclide decays it releases a positron (beta 
particle), which travels a short distance in the body before interacting with and 
annihilating an electron. This annihilation produces two gamma-ray photons. 
These photons can be detected and by calculating their origin, used to generate 
an image of the body. PET is useful for imaging active processes such as tissue 
metabolic activity.  
Ultrasound uses high frequency sound waves to image tissue. By 
considering the time taken for an echo to return to the transmitter and the 
amount that the echo is attenuated, local depth-resolved tissue properties can be 
estimated and used to generate an image. It is used to scan internal structures 
such as tendons, muscles, joints, blood vessels, and internal organs.  
There are tradeoffs associated with each of these imaging modalities, and none of 
them work for all biomedical applications. A list of the trade-offs associated with 
each modality can be seen in Table 1.1. The list of each modality‘s strengths and 
weaknesses in contrast, spatial resolution, imaging depth, cost, speed, safety, and 
portability and specific applications based on the advantages of each. 
Descriptions of the physical mechanisms behind each modality can be found 
elsewhere [1, 2]. 
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Table 1.1 Comparison of Various Medical Imaging Modalities (Revised from [3]) 
 
For some applications for instance breast and prostate cancer, the current 
imaging techniques‘ disadvantages motivate the development of new techniques. 
Breast cancer is one of the most common malignancies and is a leading 
worldwide cause of death [4]. Early diagnosis of breast cancer increases the 
survival rate and reduces treatment. Currently, the main imaging technique used 
for detection of breast cancer is X-ray mammography with ultrasound as a 
possible supplement. In addition to its use of ionizing radiation, one 
disadvantage of X-ray mammography is that it is less effective in imaging dense 
breast tissue. There is an elevated risk of false positives when imaging dense 
breast tissue, and as 35-40% of women have dense breasts, this is an issue for a 
large population of women. Often, cancers found using X-rays are already large 
Characteristics
X-ray
imaging
CT
Ultrasound
imaging
MRI PET
Soft-tissue
contrast
Poor Poor Good Excellent Good
Spatial resolution
Excellent
~1 mm
Excellent
~1 mm
Good
0.3~3 mm
(Frequency and 
axially dependent)
Good
~1 mm
Poor
6~10 mm
(Clinical)
Maximum
imaging depth
Excellent Excellent
Good
3~25 cm
(Frequency 
dependent)
Excellent
Excellent
>300 mm
Non-ionizing 
radiation
No No Yes Yes No
Data acquisition
Fast
Half minute to 
minutes
Fast
Seconds to 
minutes
Fast
100 frames per 
second
Slow
Minutes
Fast
~minutes
Cost Low High Low High High
Typical
Applications
Bone, Lung, 
Breast
Brain, 
Bone, Lung
Foetus monitoring, 
Cardiovascular, 
Breast, Abdomen
Brain, Functional 
imaging
Brain, Blood vessels,
Drug uptake, 
Musculo-skeletal
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and more lethal [4, 5]. These issues make the development of new imaging 
techniques for detecting breast cancer desirable.  
Another application in need of better imaging techniques is prostate cancer. 
Prostate cancer is the second to skin cancer as the most common cancer among 
American men, and is the second to lung cancer as the most common cause of 
cancer deaths among men. Current diagnostic techniques, including digital rectal 
exam and the measurement of blood prostate-specific antigen levels, are 
insufficient for guiding treatment [5]. Tissue biopsies are needed for diagnosis. 
The chief prostate cancer imaging technique is ultrasound, but it is only 50-60% 
accurate [5]. Ultrasound also has difficulty differentiating cancer from other 
diseases, such as benign prostatic hyperplasia (BPH) and prostatitis. Despite 
advances in ultrasound techniques such as color and power Doppler, and the 
introduction of ultrasound contrast agents, TRUS is still limited in accuracy and 
therefore only used to guide biopsy.  
1.2 Ultrasound imaging 
Ultrasound imaging is a relatively inexpensive, fast and ionizing radiation-
free imaging modality. It has a primary importance in cardiology, 
gastroenterology, obstetrics and in several surgical diagnostic procedures [6]. 
The ultrasound imaging technique is based on the detection of the mechanical 
properties of biological tissue. As ultrasound waves are mechanical waves, when 
ultrasound waves propagate through a physical medium, the medium will be 
‗compressed‘ and ‗rarefied‘ at the ultrasound frequency. This phenomenon 
induces the particles of the medium to oscillate about their equilibrium position. 
Ultrasound waves are longitudinal, in that the directions of the particle 
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displacements in soft tissue are mainly parallel to the direction of ultrasound 
wave propagation [7]. The amplitudes of the particle oscillations induced by the 
ultrasound pressure are typically very small, being measured in nanometres in 
water [8]. The corresponding maximum particle velocities have magnitudes on 
the order of metres per second. In addition the varying displacement of the 
particles from their equilibrium positions produces changes in the medium 
density from the equilibrium density. Table 1.2 below gives some basic acoustic 
characteristics of ultrasound waves, such as particle displacement, particle 
velocity, etc, at different ultrasound frequencies and in different mediums. 
Table 1.2 Basic acoustic characteristics of two example ultrasonic waves (Revised from [8]) 
 
When ultrasound waves propagate through biological tissue, they suffer 
refraction, scattering and absorption, all of which contribute to a loss 
(attenuation) of sound energy in the forward direction. The absorption of that 
energy generates a force, called the acoustic radiation force (ARF), upon the 
absorber. The ARF is a time averaged force exerted by an acoustic field. The 
variation of ultrasound energy density, which is induced by the reflection and 
attenuation of ultrasound energy, causes a momentum transformation from the 
ultrasound wave to the medium. The displacements of scattering particles 
generated by the ARF, which are typically several micrometers [9] is much 
larger than those generated by high frequency ultrasound which is several tens of 
nanometres. The ARF is a steady force if the intensity of the incident sound field 
does not change over time. Alternatively, an oscillatory radiation force [10], 
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with a modulated incident ultrasound energy density which changes sinusoidally 
at low frequency (several hundred Hz to kHz) can be used. A more detailed 
description of the ARF is given in Chapter 4.  
The propagation of ultrasound beams in a medium also exhibits non-
linearity which increases with higher ultrasound pressure and results in 
waveform distortion and the generation of harmonics of the input frequency. The 
ultrasound energy is transferred from an initially monochromatic wave into its 
harmonics. The harmonic content of the ultrasonic wave can be expected to 
affect the degree to which energy is absorbed by the propagating medium, as 
higher frequency components are generally absorbed more rapidly than are those 
of lower frequency [11].  
Ultrasound imaging can provide high spatial resolution compared with 
optical imaging because, since ultrasound is a mechanical wave, it can be easily 
focused and scatters less in biological tissue [12]. The spatial resolution depends 
on the size of the ultrasound focal zone which can be adjusted by changing the 
ultrasound frequency and is typically in the range of several hundred microns for 
ultrasound frequencies in the low MHz range [13]. The choice of ultrasound 
frequency is a trade-off between the spatial resolution of the image and imaging 
depth: increasing the ultrasound frequency leads to an increase in attenuation 
and lower frequencies produce less resolution but image deeper into the body. 
While the spatial resolution of ultrasound imaging system is quite good, the 
metabolic information obtained is less than that obtained using optical 
techniques. In addition, lack of contrast hinders the imaging of blood vessels and 
abnormal tissue morphologies. 
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1.3 Biomedical optical imaging 
New techniques have been developed to explore additional tissue contrast 
mechanisms to provide improved or complementary information to existing 
imaging modalities. Optical imaging techniques have been very popular in 
recent years not only because they are inexpensive, non-invasive and non-
ionizing as opposed to X-Ray techniques but also because they can provide 
valuable image contrast and functional information of biological tissue based on 
optical properties such as absorption and scattering. 
 
Figure 1.1 Electromagnetic spectrum (Revised from [14]) 
The optical properties of tissues, in the visible and near-infrared region of 
the electromagnetic spectrum (Figure 1.1), including the absorption properties, 
scattering properties and refractive index are related to the molecular 
constituents of tissues and their electrical and vibrational structures. They are 
intrinsically sensitive to tissue abnormalities and function [15]. This makes 
detection of cancer possible at very early stages. The absorption of tissue 
depends strongly on the wavelength of the illumination and the type of tissue 
(Figure 1.2). The main absorbers of significance in the visible spectrum are oxy- 
and deoxy-hemoglobin. These may act as indicators of diseases such as cancer, 
reflecting either angiogenesis or hypoxia. By measuring the oxy- and deoxy-
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hemoglobin, the total blood content and oxygen saturation may be determined, 
and increased blood content results in higher optical absorption in tumorous 
tissue. At wavelengths longer than 1.6 μm water absorption increases 
significantly, confining optical tomographic approaches to visible and near 
infrared (NIR) wavelengths.  
 
Figure 1.2 Absorption coefficients of primary biological absorbers. The red area highlights 
the absorption coefficients in different media for the visible spectrum. 
There is also strong scattering in tissue that results from refractive index 
mismatches caused by cell membranes, subcellular components, and 
extracellular structures, and affected regions may be detected through changes in 
optical scattering caused by larger cell nuclei. The typical scattering coefficient 
for visible light in biological tissues is 100 cm
-1
 [16]. Light transmitted through 
scattering medium can be divided into three categories: ballistic light, quasi-
ballistic light and diffuse light. Ballistic light experiences no scattering events 
and carries direct image information. Quasi-ballistic light experiences minimal 
primarily forward scattering and carries some image information. Diffuse light 
follows tortuous paths and carries little direct image information and typically 
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overshadows ballistic or quasi-ballistic light at depths of more than a few mm 
[17]. Scattering rapidly reduces the strength of the ballistic signal and requires 
the use of the diffusion approximation or statistical approaches to light 
propagation. Additional light–tissue interactions, for instance auto-fluorescence 
of naturally occurring molecules or the detection of Raman scattering due to the 
vibrational mode structure of organic molecules, may also be exploited to 
generate signals. 
Specific examples using optical radiation include optical coherence 
tomography [18], diffuse optical tomography (DOT) [19] and two photon 
induced fluorescence imaging [20]. However, a common problem with these 
new techniques is the lack of reasonable image resolution in deeper tissues. This 
is due to strong optical scattering, absorption and limited signal-to-noise ratio 
(SNR). For example two photon imaging and optical coherence tomography rely 
on the ballistic propagation of photons within the tissue. Due to the high 
scattering and absorption from the tissue the image resolution and signal levels 
decrease rapidly with depth. This typically limits the imaging depth to a few 
hundred microns since the mean free path of photons, even in the infrared, is 
only approximately 50 μm [15]. Alternatively, even if the ballistic signal cannot 
be detected, useful image information may also be derived from the scattered 
photons since photons are strongly forward scattered in tissue. At tissue depths 
where the light has been strongly or isotropically scattered (greater than a few 
mm) a diffusion model of light propagation or a Monte Carlo simulation must be 
used. This makes the image reconstruction computationally intensive and 
complex. Furthermore, information relating to the local optical properties of the 
tissue is gradually lost due to high levels of scattering and consequently the 
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spatial resolution for deeper targets is increasingly limited by the system SNR. 
As shown in Table 1.3, OCT has excellent spatial resolution of about 10 µm, 
however, the imaging depth of OCT is only around 1 mm. DOT has very good 
imaging depth (~5 cm), but the spatial resolution is only around 5 mm. At tissue 
thicknesses greater than 100 mm, even the diffuse scattered signal becomes 
difficult to detect due to the absorption and diffusion of the light, setting the 
limit for DOT. For DOT with RF modulation imaging, the typical wavelength 
used is relatively large (0.1~1.5 m) and measurements are taken in the near field. 
Due to its long wavelength, pure RF imaging cannot provide good spatial 
resolution. Using the operating frequencies range of 500–900 MHz, pure RF 
imaging can only serve a spatial resolution of ~1 cm. As above, the spatial 
resolution of the reconstructed images is largely limited by the system SNR.  
Recently two imaging techniques have emerged with the goal of 
overcoming the above limitations, namely photoacoustic tomography (PAT) [21] 
and acousto-optic tomography (AOT, alternatively named US modulated/ 
mediated optical tomography (UOT), since US is typically used) [22]. These two 
techniques are hybrid techniques combining optical imaging with US; the image 
contrast is determined primarily by tissue optical properties while image 
resolution is primarily determined by the US parameters. This results in 
increased tissue penetration with improved spatial resolution. The motivation to 
develop UOT and PAT is summarized in Table 1.3 by comparing it with two 
optical imaging modalities, optical coherence tomography (OCT) and diffuse 
optical tomography (DOT), and ultrasonography (US) at 6 MHz [12]. 
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Table 1.3 Motivation for acousto-optic tomography (AOT) and photo-acoustic tomography (PAT) 
(Revised from [12]) 
 
In UOT, an ultrasonic wave is focused into biological tissue. Any light that 
is encoded or tagged by the ultrasound, including both singly and multiply 
scattered photons, contributes to the imaging signal. Axial resolution along the 
acoustic axis can be achieved with ultrasonic frequency sweeping and 
subsequent application of the Fourier transformation, whereas lateral resolution 
can be obtained by focusing the ultrasonic wave. The key advantage of UOT and 
PAT (discussed below) over traditional imaging modalities, is that it combines 
optical contrast with the superior spatial resolution of US to achieve deeper 
tissue imaging. A major challenge of UOT is the weak modulation of the optical 
signal, coupled with the challenge of extracting the US modulated photons from 
the strong background of unmodulated light.  
In PAT, a short-pulsed (nano-second) laser source is used to irradiate 
tissue samples. Heating by the laser causes thermoelastic expansion, which in 
turn generates photo-acoustic waves. The generated photo-acoustic waves are 
measured by a wideband ultrasonic transducer encircling the sample. PAT 
imaging offers high optical-absorption contrast as well as high ultrasonic 
resolution due to the low scattering of ultrasound. One key limiting factor of 
Introduction 
32 
PAT is the optical penetration depth. Within the safety thresholds for laser light 
at the wavelengths used, the penetration depth is limited to less than 10 cm. 
Light intensity decreases exponentially with depth and not enough light energy 
is absorbed beyond this depth to generate detectable acoustic signals [23]. 
Review papers on PAT and UOT can be found in references [12, 23, 24]. 
There have been significant advances and several papers published in each of 
these three techniques in recent years. This thesis describes research on 
ultrasound modulated optical tomography (UOT). 
1.4 Summary of chapters 
The work presented in this thesis focuses on using acoustic radiation force 
theory to address existing problems in UOT. Brief summaries of the chapters are 
given below. 
Chapter 2 introduces the ultrasound modulated optical tomography (UOT) 
technique in four aspects: the mechanisms, the modelling and simulations, the 
existing experimental setups, and the current challenges of UOT. The motivation 
of our work is given at the end of this chapter. 
Chapter 3 presents a preliminary study on optical signal modulation and 
tissue displacement in UOT. A novel Monte Carlo simulation tool was 
developed to study the effect of increasing the amplitude of ultrasound induced 
particle displacement and the nonlinear effect of ultrasound on UOT signals by 
using a realistic ultrasound field with UOT simulation. 
Chapter 4 investigates the effect of amplitude modulated (AM) ultrasound 
on UO signals. An experimental system was built and several experiments were 
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done, such as changing CCD exposure time and changing AM frequency. A 
comparison of experimental results while changing ultrasound peak-to-peak 
pressure between our experimental method and a traditional UOT experiment 
was made. 
Chapter 5 presents the evolution of the shear wave and its effect on spatial 
resolution over time on a UO signal in tissue mimicking phantoms. The spatial 
resolution of AM ultrasound induced modulation was studied as a function of 
CCD exposure and acquisition time. The optical and mechanical properties of 
the phantom were studied. By adjusting the CCD exposure time, both the optical 
and mechanical contrast can be distinguished.  
Chapter 6 presents a study of 2-D imaging using ARF modulated optical 
tomography in tissue phantoms. The spatial resolution and imaging contrast of 
2-D images were studied as a function of CCD exposure time and acquisition 
time. 
Chapter 7 summarizes the work presented in this thesis and discusses 
related issues. A future perspective of this work is also presented. 
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2 Ultrasound modulated optical tomography 
In this chapter, I will introduce the acousto-optic (AO) effect and ultrasound 
modulated optical tomography (UOT) (section 2.1~2.2). The mechanisms of 
UOT will be described in section 2.3. A brief overview of previous theoretical 
work including modeling and simulations of UOT will be described in section 
2.4. Several UOT experimental setups will be described in section 2.5. The 
current challenges of UOT will be described, and the motivation of our work 
will be given in section 2.6. 
2.1 Acousto-optic effect in a transparent medium 
The acousto-optic (AO) effect in homogenous media has been known for a 
long time and is based on the change of the refractive index of a medium due to 
the presence of sound waves in that medium. Sound waves produce a refractive 
index grating in the material, and this grating causes diffraction of the light wave 
(Figure 2.1). These variations in the refractive index, due to the pressure 
fluctuations, may be detected optically by refraction, diffraction, and 
interference effects. Raman and Nath (1937) firstly formulated a general ideal 
model for the AO effect [25]. An acoustic wave, produced by a piezoelectric 
transducer periodically varies the index of refraction in a transparent medium. A 
typical case of ultrasound caused diffraction of light is shown in Figure 2.2. The 
figure shows a progressive, sinusoidal, acoustic wave of f*=ω*/2π and wave 
vector K* (|K*|=ω*/v). Taking the incident, polarized light along a given 
direction D, D corresponds to a value of refractive index, n, on which a period 
variation in Δn will be imposed as described by: 
 ∆𝒏 = ∆𝒏𝟎𝒔𝒊𝒏 𝝎
∗𝒕 − 𝑲∗ ∙ 𝒓   (2.1) 
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Figure 2.1 (a) Acousto-optic effect (b) A diffraction image showing the acousto-optic effect 
(revised from Wikipedia website) 
The sound wave field acts as an optical grating of spacing λ*=2πv/ω* and, 
therefore, diffracts light. This grating travels at a velocity v. However, since v is 
much smaller than the velocity of the photons travelling through, the grating can 
be treated as fixed relative to the light, and only affecting the light through 
change in optical frequency by the Doppler effect.  
 
Figure 2.2 Standard experiment of the diffraction of light by ultrasound. λa is the acoustic wavelength, 
λ that of light in vacuo, the interaction length L is the dimension light; D is the width of the light beam 
in the direction of propagation of ultrasound; (Revised from [26]) 
The amount of light diffracted by the grating is related to the parameter, γ: 
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 𝜸 = 𝑲∆𝒏𝟎𝑳  (2.2) 
which is the modulation index, where Δn0 is the amplitude variation in refractive 
index; L is the width of the acoustic beam in the light propagation direction; and 
K=2π/λ is the optical wave vector. The type of diffraction caused by the 
ultrasound wave is described by the dimensionless parameter Q: 
 𝑸 = 𝑲∗𝟐𝑳/𝒏𝑲  (2.3) 
Only for two cases can analytical solutions be found for light diffraction 
by acoustic waves: (i) Raman and Nath diffraction for Q<=1 and (ii) Bragg 
diffraction for Q>>1. When 1<Q<10, the diffraction has a mixture of 
characteristics from both of these two types of diffraction. For the work 
described in this thesis, I used an ultrasound frequency of 5 MHz and a laser 
wavelength of 532 nm, and had a refractive index of 1.33 and an L of 1 mm 
assuming most modulation is within the ultrasound focus (~1 mm in diameter, 
and 10 mm along the ultrasound propagation direction). Using Equation (2.3), 
this gives a Q of 0.0279, which being smaller than 1, meaning that Raman and 
Nath diffraction is one of the mechanisms for describing the ultrasound 
modulation of light signals described in this thesis. 
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Figure 2.3 Intensity of different orders of diffracted rays as a function of the modulation index γ 
under Raman and Nath conditions. In the absence of modulation (γ=0) 100% of the incident light is 
found concentrated in the 0 order, which is completely quenched for γ=2.4; for γ=1.85 the intensity of 
orders ±1 is at maximum (Revised from [26]) 
Raman and Nath diffraction occurs with normal or quasi-normal incidence 
of light. Given a light beam of frequency ω and amplitude 1, it will be split into 
several beams corresponding to different orders of diffraction. Labelling each 
beam 0, ±1, ±2, …, ±N, these beams will have frequencies, ω, ω ± ω *, ω ±2 ω 
*, …, ω ±N ω *, directions nK, nK±K*, nK±2K*, …, nK±NK*, and amplitudes 
J0(γ), J±1(γ), J±2(γ), …, J±N(γ). Beam 0 is the direct beam through the ultrasound 
field, and the beam +N corresponds to the annihilation of N phonons in the 
medium, while –N corresponds to the creation of N phonons. The amplitudes, JN, 
can be described by Bessel functions of order N of the variable γ. Figure 2.3 
shows the light intensities, IN, which are equal to JN
2 . For small values of the 
modulation index, γ, only the ±1 order diffraction beams appear symmetrically 
to the sides of the central beam. As the acoustic power increases, which 
corresponds to an increase of γ, the higher order diffraction beams, starting with 
±2, and then ±3, etc appear. Bragg diffraction (occurring when Q>>1) only 
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generates a single diffraction beam. For more information on Bragg diffraction, 
please refer to [26]. 
2.2 Ultrasound modulated optical tomography in a turbid medium 
However, in a turbid medium such as biological tissue light propagates 
randomly and suffers strong scattering. Ultrasound modulated optical 
tomography (UOT) is a hybrid technique which combines optical contrast and 
ultrasound resolution based on the detection of photons modulated by ultrasound 
waves. It uses US to selectively modulate photons that pass through a specific 
region of an optically scattering medium. In a typical experimental setup (Figure 
2.4), the imaged object is illuminated by a coherent laser beam and 
simultaneously insonified by a focused US beam. The US wave can be easily 
focused in deep biological tissue. The photons passing through the insonified 
area are modulated, or tagged, at the US frequency. If the ultrasound amplitude 
is high, due to the ultrasound nonlinear effect, the photons may also be 
modulated at ultrasound harmonic frequencies and by the acoustic radiance force 
and shear waves, which are at much lower frequencies (normally between 
several hundred Hz to ~kHz). When measured by optical sensors at the surface 
of the sample, these photons can be discriminated from the background photons 
that did not traverse the volume occupied by the US beam. The strength of this 
modulation depends primarily on the optical properties of the sample at the US 
focus, in particular the absorption coefficient, if the amplitude of the US and the 
size of the focus are kept constant. Knowledge of the local optical properties can 
provide useful biomedical contrast (see Chapter 1 for references). By pulsing or 
scanning the US beam focus through the object, 2D or 3D UOT images can be 
acquired. The key advantage of UOT over traditional imaging modalities is that 
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it combines optical contrast with the superior spatial resolution of US to achieve 
deeper tissue imaging. 
 
Figure 2.4 The typical configuration of an acousto-optic imaging system 
2.3 Mechanisms of UOT 
When an optically homogeneous medium is exposed to an US wave, the 
refractive index of the medium varies according to the pressure fluctuations of 
the US wave. This is the already explained AO effect in Section (2.1). However, 
light propagates randomly and suffers strong scattering in biological tissue. 
Therefore, the mechanisms involved in the generation of a UOT signal are more 
complex than those of the AO effect in optically transparent media. Three 
mechanisms have been proposed. The first mechanism is based on the ultrasound 
induced local variations of the optical properties of the media. As the focused 
ultrasound beam propagates in a scattering medium, the ultrasound insonified 
area will be compressed and rarefied depending on location and time. It directly 
leads to the variation of density which influences the local optical properties, 
such as scattering property, absorption property and refractive index. 
Consequently, the amplitude of the light passing through the insonified region is 
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periodically modulated with the ultrasound frequency, and the final detected 
intensity of light varies with the ultrasound wave. This mechanism which was 
modelled by Mahan et al. [27] does not require a coherent light source. However, 
the amplitude modulation of incoherent light has not been experimentally 
observed. 
 
Figure 2.5 The mechanisms of UOT (Revised from [28]) 
The second mechanism is due to variations in optical phase induced by 
ultrasonic modulation of the positions of the optically scattering particles in 
tissue [22, 29]. When coherent light is incident on tissue, light traversing 
different random paths will possess different phases at the optical detector and 
form a speckle pattern. When US is also present then optical scatterers within the 
insonified area will oscillate at the US frequency, modulating the path length and 
hence the phase of light that traverses through the ultrasonic beam. Consequently, 
the intensity of speckles measured at the surface of the sample will vary at the 
US frequency.  
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The third mechanism is caused by variations in optical phase in response to 
ultrasonic modulation of the tissue index of refraction [30, 31]. Just like with the 
Raman-Nath effect, the US wave leads to a periodic perturbation of tissue 
density and hence refractive index. When light traverses between two 
consecutive scattering events, the phase of the scattered light will be shifted due 
to the perturbation of local refractive index. These phase variations are 
accumulated along the whole scattering path length by integrating the varying 
refractive index over the light traversing distance inside the turbid media. Similar 
to that in the second mechanism, the modulated phase leads to the variation of 
the speckle pattern, formed by the multiply scattered light, at the frequency of 
the US wave. 
It should be clarified that the refractive index plays two different roles in 
the first and third mechanisms [28], which contribute to the amplitude and phase 
modulations, respectively. Both the second and the third mechanisms are phase 
modulation related and require coherent laser light. Since the modulation of 
incoherent light has not been observed experimentally yet, the last two 
mechanisms are currently considered to be the primary mechanisms for 
ultrasonic modulation of multiple scattered light. The relative importance of the 
last two mechanisms is dependent on the optical scattering mean free path 
relative to the acoustic wavelength [30, 32]. 
2.4 Modelling and simulation study review of UOT 
Analytical models of UOT have been developed for constant wave (CW) 
US radiation [33], pulsed US [34], nonuniform CW US [35] and nonuniform 
pulsed US [36]. These models can provide insight concerning the effects of US 
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parameters on modulated optical signals. However, the analytical models are 
limited by the assumptions used. For example, typically it is assumed that the 
ratio of the optical transport mean free path to the ultrasonic wavelength is large 
so that the US induced optical phase variations associated with different 
scattering events are weakly correlated. This assumption can only be deemed as 
approximately valid for US frequencies greater than 2.5 MHz. A further 
assumption is that the total phase variation due to the US is very small (much 
less than one radian). This is required in order to simplify the analytical 
autocorrelation function of optical signal. However, the validity of this 
assumption is questionable when high amplitude US is used. A recent simulation 
study [37] suggested that the total optical phase variation could be above 2π with 
modest US amplitude. 
On the other hand a numerical model has been developed [38] that does 
not need the assumptions required by the analytical models. This model uses a 
Monte Carlo technique to simulate photon transport and the US induced 
variation in optical phase of each photon is calculated based on the two 
modulation mechanisms and recorded over an ultrasonic period. After a large 
number of photons are simulated the optical autocorrelation signal can be 
obtained. The simulation results showed that relative contribution from the two 
main modulation mechanisms of UOT (described in section 2.3) depends on the 
US frequency and optical transport mean free path [32]. The contribution from 
the refractive index increases with the acoustic wave vector, ka, because the 
average phase accumulation from free paths increases with ka. But the 
contribution from displacement does not vary with ka because the average phase 
accumulation from the scattering events does not depend on ka. This results in: (i) 
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the contribution from the index of refraction being equal to the contribution from 
displacement when ka is less than a critical fraction of the transport mean free 
path (0.599 μs from the analytical model [30]), and (ii) if ka is greater than the 
critical fraction of the transport mean free path, the contribution from the index 
of refraction is greater than the contribution from displacement. (Validation of 
my simulation program with respect to these results are shown in Figure 3.7 in 
Chapter 3.)  
Yao and Wang [39, 40] further extended their simulation of UOT to 
inhomogeneous scattering media with a confined volume of US. Their results 
showed that the modulation depth, which is the relative value between the 
modulated and un-modulated signals, is much more sensitive to the change of 
optical properties than the optical transmittance. This indicates that the UOT 
technique is significantly more sensitive to small optical objects than 
unmodulated intensity measurements.  
A more recent numerical simulation study revealed that a possible 
modulation ‗saturation‘ may exist when US induced particle displacement goes 
beyond a certain amplitude [37].  
2.5 Experimental work review of UOT 
A basic UOT experimental system is shown in Figure 2.6, which is 
composed of three main parts: a laser, an ultrasound transducer and an optical 
detector. An ultrasound signal is produced by a function generator and amplified 
by a power amplifier. The amplified signal is applied to an ultrasonic transducer, 
which transmits a focused ultrasonic wave vertically into a scattering medium 
within a water tank. An ultrasound absorber is placed at the bottom of the tank to 
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minimize wave reflection from the water-glass interface. After being broadened, 
a laser beam illuminates the scattering medium perpendicularly to the ultrasonic 
beam which modulates the laser light. The iris controls the speckle size of the 
detected optical signal. The centre of the laser beam, ultrasound focal point and 
the optical detector must be aligned to increase the signal to noise ratio (SNR). 
The optical detector (e.g. Photomultiplier tube (PMT)) detects the light signal 
and converts it into an electric signal, which is amplified and digitized by an 
oscilloscope. The final results displayed on the oscilloscope can be saved in 
personal computer (PC). 
 
Figure 2.6 Diagram of a typical UOT system. The red area within the water tank represents US 
modulation area. US, ultrasound transducer; FG, function generator; RF amp: RF amplifier; PC: 
Personal Computer. 
2.5.1 Ultrasound setup 
Most UOT systems have used single focused element US transducers that 
can be displaced to scan the object [41]. The spatial resolution of such systems is 
determined by the size and shape of the US beam. Most UOT experiments use 
CW US, which allow a narrow-band electronic filter to be employed when 
detecting the modulated optical signal. However, in CW systems the UOT signal 
is generated along the whole axial extent of the US beam. This problem has been 
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addressed through the use of chirped acoustic wave techniques to resolve the 
UOT signal along the US beam axis [42] and therefore allows a 2D UOT image 
to be acquired whilst only scanning the transducer in 1D. In the time-domain, 
resolution in the axial direction can be achieved using pulsed US schemes [43, 
44]. This has enabled the fusion of UOT with a standard pulse-echo US scanner 
[45]. All of these methods offer improved axial resolution compared to CW US, 
but the detection of the optical signal then becomes more complex due to the 
greater bandwidth of the US wave. Most existing UOT systems scan the object 
by moving either the US focus or the specimen and so do not require significant 
computation to reconstruct the final image.  
2.5.2 Optical setup 
A number of studies have been performed to investigate methods for 
detection of the phase shift imparted on the acoustically modulated portion of the 
light emerging from the sample. After passing through an optically diffuse 
medium the intensity of the modulated component is low and is obscured by the 
background, un-modulated light. Various detection methods for analyzing the 
optical signal in the time-domain have been proposed. 
2.5.2.1 Single point detection methods 
The simplest detection technique uses a single detector, e.g. a 
photomultiplier tube (PMT), to record the light from a single speckle grain of 
light emitted from the sample. An experiment setup [46] is shown in Figure 2.7.  
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Figure 2.7 Experiment setup of imaging of turbid media using ultrasound modulated laser light. The 
arrows between blocks represent electrical signals, and the green arrows from the laser and from the 
water tank represent optical signals. S, sample; A, aperture; PMT, photomultiplier tube. (Revised 
from [46]) 
The signal collected by PMT is band-pass filtered electronically at the US 
frequency to determine the magnitude of the modulated signal [46-49]. An 
aperture was usually placed between the water tank and the detector to control 
the optical speckle size so that the speckle size was approximately the same as 
the detector pixel size. Collecting light over multiple speckles with a single 
detector only decreases the size of the measured modulated signal as the phase of 
the modulated signal in each separate speckle grain is decorrelated [50]. 
Therefore, the detection time must be within the speckle decorrelation limit, i.e. 
the total acquisition time must be much less than the time required for the 
speckle pattern to be affected by other processes such as the motion of blood 
cells or tissue motion [47]. Often, due to the weak modulation of signals, a 
compromise must be made between higher SNR, through increasing the number 
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of photons detected, and speckle decorrelation, which results in reduced SNR 
[51]. 
2.5.2.2 Parallel detection 
S. Leveque et al. [52] developed the first parallel speckle detection (PSD) 
system of ultrasound modulated optical imaging technique and demonstrated 
improvement to the detection signal to noise ratio of 1 D images of biological 
tissue. In this experimental setup showed in Figure 2.8, the single optical 
detector is replaced by a 256×256 charge-coupled device (CCD) array (Dalsa 
Databook CA-D1) with a frame rate of 50 Hz and the speckle size at the CCD 
camera is adjusted to match the CCD pixel size. Each pixel is then processed 
independently using a parallel lock-in detection scheme [52, 53] The 
illuminating single-mode laser diode (780 nm, coherent length 5 cm) was 
modulated at the same frequency (2.2 MHz) as the ultrasound, and four 20 ms 
frames were read from the camera for different relative phases between 
ultrasound and laser. From these images the amplitude and phase of the 
modulated light could be calculated for each pixel. The SNR increases as the 
square root of the number of pixels employed. However, it is important to note 
that increasing the number of pixels increases the total data processing time. 
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Figure 2.8 Schematic of the experimental setup (Revised from [52]) 
Parallel speckle detection system (PSD) is considered to be ―so far‖ the 
most efficient technique for ultrasound modulated optical tomography [54]. 
However, PSD is sensitive to decorrelation of the speckle pattern [52], which 
decreases signal and increases noise [51, 52, 54]. Gross et al. [55] extended the 
parallel lock-in detection technique to use a phase-sensitive heterodyne scheme 
[56] to achieve shot-noise limited detection and also to remove problems caused 
by natural movement of the sample during the acquisition. The experiment setup 
is shown in Figure 2.9. 
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Figure 2.9 Experimental setup: MM, moving mirror; AOM1 and AOM2, acousto-optic modulators; 
BE, beam expander; Ms, mirrors; S, sample; BS, beam splitter; CCD, CCD camera; D, diaphragm 
with rectangular aperture; O, lens; LO beam, low-intensity beam; EA, ultrasound tagged photon 
beam; EL, beam diffused by the sample; ELO, LO Beam. 
In this scheme (Figure 2.9), a laser beam (850 nm, 20 mW Newport 
2010M) is first split and sent on two paths. One is a low-intensity (LO) beam and 
acts as a reference beam. Another one illuminates the tissue phantom and acts as 
a signal beam. LO beam is frequency shifted by an acousto-optic modulator 
(AOM) (for practical reasons, a pair are usually used) by the US frequency. The 
LO beam is expanded by a beam expander (20×) to get a plane wave with a 
diameter of 1.5 cm which is larger than the CCD area. An ultrasound transducer 
working at 2.2 MHz with a diameter 35 mm and a focal length 50 mm, generates 
an ultrasound wave that is focused into the sample. The signal beam, which has 
both the optical carrier frequency (field EL) and the ultrasound sidebands (field 
EA) interferes with the LO beam on the CCD camera. The strength of the 
modulation depends on the intensities of both the signal and the LO beam. 
Modulation depth can be increased by increasing the strength of the LO beam, 
which carries information on the intensity of the signal. This process allows 
discriminant amplification of the signal from the tissue over background light. 
LO beam passes outside the sample (Figure 2.9), the LO field is thus much larger, 
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and the detection sensitivity is much better. It is then possible to reach the 
optimum shot-noise limit.  
A related technique that measures the degree of modulation of a speckle 
pattern acquired by a CCD camera has also been developed [57]. The principle 
of this method is that CCD images of the speckle pattern are acquired in the 
absence of the US field, and another set of images is acquired in the presence of 
the US field. The change in the modulation depth of the speckle pattern between 
these two datasets then allows US modulated photons to be detected via the 
decrease in speckle modulation caused by the US field. One of the main 
advantages of this technique is that it is relatively straightforward to implement. 
2.6 Current challenges and motivation of this work 
The major challenges of UOT are the weak modulation of the optical 
signal, coupled with the challenge of extracting the US modulated photons from 
the strong background of un-modulated light. The strength of modulation is 
affected by the following factors: (i) the size of the US beam, which determines 
the number of photons passing through the US beam; (ii) the amplitude of the US, 
which may not be high enough to sufficiently modulate the optical signal; (iii) 
the absorption and scattering of photons between the modulation area and the 
optical detector, which can further reduce the number of detected photons.  
A wide range of elegant experimental approaches are currently being 
developed to address all of the issues listed above. At the same time a better 
understanding of the effects of high intensity US on UOT signals would certainly 
benefit the further development of this technique. To address the problem of 
detecting the small modulation signals experimentally and achieve improved 
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measurement SNR, some high sensitivity optical detection techniques have been 
explored. Examples include the use of a confocal Fabry-Perot interferometer 
(CFPI) [58],  a photorefractive crystal [59], or a spectral-hole burning crystal 
[60]. 
Sakadžic et al. [58] used a high frequency (15 MHz), high resolution, 
pulsed UOT system with a CFPI , which had a resolution of 100 microns at a 3 
mm tissue depth. The advantage of the CFPI is that it can handle a large input 
etendue defined as the acceptance solid angle multiplied with the area (i.e. it can 
handle wide laser beams) and is not affected by speckle decorrelation, since they 
operate at fixed transmission frequencies. One limit of CFPI is that it filters 
background light more efficiently for higher US modulation frequencies, and 
since US at higher frequencies is attenuated more in tissue, this makes CFPI 
better suited to thinner tissue samples.  
Murray et al. [59] proposed a system to detect ultrasound modulated 
optical signals, which used a photorefractive crystal (PRC) and the two-wave 
mixing process. Different distribution of the incident light intensity changes the 
refractive index of PRC. The two-wave mixing process was used by this 
detection system to derive a local oscillator (LO). The LO is wave-front matched 
to a signal beam, which is diffusely scattered light from a target medium. The 
signal beam and LO meet and interfere at the optical detector. This interference 
changes the ultrasound field induced phase modulation of the signal beam to an 
intensity modulation. One advantage of this system is that using a wave-front 
matched LO allows detection of phase modulation over the entire speckle field, 
which gives a large etendue. Another advantage of this system is that it is 
insensitive to speckle decorrelation, because the PRC is adaptive and provides an 
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LO wave-front matched to the signal beam as long as the crystal response time is 
short compared with the speckle decorrelation time.  
Besides advanced optical detection techniques, a few recent studies have 
investigated the use of a high amplitude US and the generated acoustic radiation 
force (ARF) in UOT to increase the modulation amplitude and address the 
problem of minimal light modulation. Bossy et al. [9] observed the transient 
motion created by the acoustic force in soft elastic media by using a camera-
based optical detection scheme. This technique is based on the detection of time-
resolved transient decorrelation of the optical speckle due to transient motion 
induced by a radiation force in an attenuating tissue-like medium and is only 
sensitive to the low frequency transient motion. They found that it was possible 
to detect the radiation force induced low frequency motion at depth in the tissue.  
Zemp et al. [61, 62] used acoustic bursts in their UOT experiments, which 
allow much greater acoustic amplitudes to be achieved compared to CW US. The 
intense acoustic burst can also generate an ARF. Although ARF generates larger 
particle displacements, normally in the range of several micrometres, the 
displacements cause a collective movement of the scatterers, and whether the 
ARF itself can enhance UOT signals is still an open question. Furthermore it has 
been demonstrated that the ARF also causes some adverse effects [62]. The first 
of these is shear wave propagation induced by the transient radiation force, 
which can be a significant source of non-local optical modulation. This can blur 
the UOT spatial resolution and degrade UOT image contrast. This effect can be 
alleviated by employing a time-gated optical detection scheme [62]. 
Consequently, the use of acoustic bursts may offer a good SNR at the expense of 
a slightly reduced axial resolution compared to pulsed acoustic waves, and also 
Chapter 2 
53 
offer an improved SNR compared with CW US. The second adverse effect of 
ARF is caused by the complex mixture of mechanical properties of the sample, 
such as acoustic impedance, bulk modulus, and viscosity, which produce 
challenges in interpreting ARF-weighted UOT images.  
The motivation of this work is to improve the SNR of UOT. I investigated 
the effects of using high-amplitude ultrasound signals and amplitude modulated 
ultrasound signals and their resultant ARFs on UOT signals. In this thesis, I (i) 
theoretically studied the relationship between ultrasound induced scatterer 
displacements and modulation signal strength and (ii) experimentally 
investigated both oscillating ARF and detrimental shear wave propagation 
effects on ultrasound modulated optical (UO) signals. Furthermore, I 
demonstrated the ability to discriminate both optical and mechanical properties 
of a tissue-mimic phantom using our method. Finally, by scanning in two 
orthogonally different directions, 2-D images of phantom optical properties were 
measured. 
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3 Simulation study on optical modulation signal and tissue 
displacement in ultrasound modulated optical tomography 
(UOT) 
In this chapter, the effect of increasing the amplitude of the ultrasound pressure 
induced particle displacement on the UOT signal will be investigated using a 
Monte Carlo simulation tool. First, a brief background of UOT will be described 
in Section 3.1. I used a time domain Khokhlov-Zabolotskaya-Kuznetsov (KZK) 
code which takes into account the combined effects of diffraction, absorption, 
and nonlinearity to simulate focused ultrasound fields of different pressure 
magnitudes (Section 3.2). Then I combined these realistic ultrasound fields with 
a Monte Carlo simulation tool of UOT that I developed, and ultrasound 
modulated optical light intensities at different ultrasound pressures were 
calculated. The dependence of fundamental and second-harmonic UOT signals 
on pressure amplitude applied to the transducer was studied for the first time 
(Section 3.3). A summary and discussion of the work in this chapter will be 
provided in section 3.5.  
3.1 Introduction 
Ultrasound modulated optical tomography (UOT) is a hybrid technique 
which combines optical contrast with ultrasound resolution. However, the 
technique is currently limited due to the weak modulation signal strength and 
consequently yields a low Signal-to-Noise Ratio (SNR). This is because the 
deformation of the scattering medium induced by diagnostic ultrasound waves is 
small, and the particle displacements are normally in the range of tens of nm [8]. 
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At the same time, most of the photons propagating through the sample will not 
be modulated by the focused ultrasound. Consequently, the intensity of 
modulated light is usually very small compared with the background un-
modulated light. One potential way to increase the SNR of UOT is to increase 
the ultrasound induced particle displacement, by increasing the ultrasound 
amplitude or using the ultrasound radiation force [8-10]. This is a first step to 
evaluate the effect of high intensity ultrasound on the UOT signal. There were 
some existing simulation studies of UOT either using a homogeneous ultrasound 
field [32, 40, 63] or focused ultrasound field [64-66]. However none of these 
specifically studied the nonlinear effect on UOT signal when higher ultrasound 
pressure applied. In this chapter, realistic ultrasound fields at different ultrasound 
amplitudes were calculated using a time-domain KZK code. A Monte Carlo 
simulation tool of UOT combined with these ultrasound fields was developed 
and used to investigate how the UOT signal changes by increasing the amplitude 
of ultrasound induced particle displacement in the simulated object and the 
nonlinear ultrasound effects on UOT signals at higher ultrasound pressures. 
3.2 Ultrasound pressure field simulation 
Ultrasound waves are intrinsically non-linear, but, for many purposes, an 
assumption of linearity appears to be reasonable at relatively low pressures. 
However, there is a growing awareness that features of nonlinear propagation 
should not be disregarded [67]. In order to study the ultrasound nonlinear effect 
on the UOT signal, I first simulated focused ultrasound fields with different 
pressure amplitudes at the surface of the ultrasound transducer while taking into 
account the ultrasound absorption and nonlinearity. 
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3.2.1  Method 
A time-domain numerical code (the ―Texas code‖) that solves the KZK 
equation has been used to simulate the ultrasound field with nonlinear effect. The 
KZK equation can be written in cylindrical coordinates [68]: 
 
∂2p
∂z ∂t′
=
c0
2
 
∂2p
∂r2
+
1
r
∂p
∂r
 +
δ
2c0
3
∂3p
∂t′ 3
+
β
2ρ0c0
3
∂3p2
∂t′ 2
, (3.1) 
where p is the sound pressure, z is the coordinate along the axis of the beam, r is 
the transverse radial coordinate, t‘=t-z/c0 is the retarded time, and c0 is the sound 
speed. The first term on the right-hand side of the Equation (3.1) accounts for 
diffraction, the second term accounts for thermoviscous absorption (δ is the 
diffusivity of sound for a thermoviscous fluid), and the third term accounts for 
quadratic nonlinearity (β is the coefficient for nonlinearity and ρ0 is the ambient 
density of the fluid).  
The source wave form on the surface of the ultrasound transducer was a 
smooth pulse given by[69]: 
  p = p0F r, t , at z=0 (3.2) 
F r, t = exp  −  
 ω0  t −
z
c 0
 + Gr2 
nπ
  
2m
 × sin  ω0  t −
z
c 0
 + Gr2 , (3.3) 
where p0 is the characteristic source pressure, F(r, t) is defined as the time 
dependence as a function of radial position on the transducer surface, n is the 
number of cycles, and m is the envelope exponent. G is the linear focusing gain 
at frequency ω0, which was defined as G =
p
p0
, where p is the pressure value at 
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the focal point and p0 is the pressure value of the transducer surface, which can 
be calculated by Equation (3.4) [69]. 
 G =
ω0r
2
2c0d
 , (3.4) 
where r is the radius of the ultrasound transducer. 
For the focused ultrasound field, the relative importance of absorption (A) 
and nonlinearity (N) is determined by the dimensionless parameters [69] 
 A = α0d, N =
d
z 
, (3.5) 
where d is the focal length, α0 =
Dω0
2
2c0
3   is the thermoviscous attenuation 
coefficient [69], D is the sound diffusivity of a thermoviscous medium [69], and 
z =
ρ0c0
3
βω0p0
, is the shock formation distance of a plane wave, where β is coefficient 
of the nonlinearity, ω0 is ultrasound angular frequency (ω0=2πf0), and ρ0 is the 
density of the medium. 
3.2.2 Simulation setup 
 
Figure 3.1 The geometry of the ultrasound simulation. The radius of the ultrasound transducer is 1.25 
cm, the focal point of the ultrasound field is at z=5.01 cm. The ultrasound fields were only calculated 
for a 2.4 cm × 3.87 cm area shown as the shaded area. 
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In the simulation, the ultrasound field was generated by a circular focusing 
transducer with an aperture D=2.5 cm in diameter and a focal length d=5.01 cm. 
The center of the transducer was coincident with the centre of one end of the 
cylindrical computational domain (Figure 3.1). The transducer was assumed to 
operate at a constant frequency after turn-on with its frequency f0 set to 5 MHz, 
and the relative wavelength λ0 of about 0.3 mm. In our case, the medium had the 
same parameters as fresh water [70]. I set the density ρ0=1000 kg/m
3
, the sound 
speed c0=1600 m/s, the thermoviscous attenuation coefficient α0=0.4892, and the 
coefficient of nonlinearity β=3.5. Using Equation (3.4), I found a linear gain 
value G=30.7. 
In order to simulate continuous-wave ultrasound beams, I used a long 
ultrasound burst (120 cycles) to reach a steady-state solution over the entire 
computational domain. The pressure of an ultrasound field was computed inside 
a cylindrically shaped, acoustically homogeneous medium of 12 mm radius and 
37.8 mm length (Figure 3.1). The cylindrical coordinates (r, z) on a grid were 
divided into 385×1261 grids, the grid spacing were Δr=0.03125 mm=λ0/8 and 
Δz=0.03 mm=λ0/10, and the time step Δt=1/(32fa).  
3.2.3 Simulation results 
First, the pressure waveforms were simulated at the focal point for different 
ultrasound amplitudes at the surface of the ultrasound transducer. The 
dimensionless absorption coefficient A and nonlinearity parameters N were 
calculated based on Equation (3.5), with A=0.02446. Ultrasound pressure values 
Pfocal at focal point and the relative dimensionless nonlinearity parameters N, are 
shown in Table 3.1.  
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Table 3.1 The pressure amplitudes P0 on the surface of the ultrasound transducer and the nonlinear 
coefficients (N) versus the linear pressures of the ultrasound focal point Pfocal.  
 
Figure 3.2(a) shows the pressure waveforms at the ultrasound focus points 
when a 20 cycle burst was applied on the surface of the ultrasound transducer. 
All results were normalized by the pressure value (p0) at the surface of the 
transducer. Figure 3.2(b) shows the result when the nonlinear (N) and absorption 
(α) coefficients are 0, and the amplitude of the pressure at the focal point was 
amplified G=30.7 times compared with the waveform on the surface of the 
ultrasound transducer. Figure 3.2(c~h) show the results when the absorption 
coefficient A=0.02446 and nonlinear coefficient N varied from 0.004375 to 
0.21875. The results show that the positive peak amplitude of the pressure is 
bigger than the negative peak amplitude with increasing the ultrasound pressure 
amplitude p0 from 0.0033 MPa to 0.1629 MPa (with pfocal increasing from 0.1 
MPa to 5 MPa), which is caused by the nonlinear effect of the ultrasound. 
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Figure 3.2 The pressure waveform at the ultrasound transducer surface (a) and the pressure 
waveforms of the ultrasound focal point (b~h) with different ultrasound pressure, absorption 
coefficient (A) and nonlinear coefficient (N). (b) A=0, N=0, G=30.7. (c) A=0.02446, N=0.004375, 
G=30.7. (d) A=0.02446, N=0.04375, G=30.7 (e) A=0.02446, N=0.0875, G=30.7 (f) A=0.02446, 
N=0.13125, G=30.7 (g) A=0.02446, N=0.175, G=30.7 (h) A=0.02446, N=0.21875, G=30.7. 
-2 -1 0 1 2
-60
0
60

0
 t' / 2
p
 /
 p
0 1
-1
-2 -1 0 1 2
-60
-30.686
0
30.686
60

0
 t' /2
p
/p
0
-2 -1 0 1 2
-60
-20.7941
0
46.3144
60

0
 t' /2
p
/p
0
-2 -1 0 1 2
-60
-19.4032
0
50.3115
60

0
 t' /2
p
/p
0
-2 -1 0 1 2
-60
-24.3991
0
36.9215
60

0
 t' /2
p
/p
0
-2 -1 0 1 2
-60
-22.4229
0
41.4674
60

0
 t' /2
p
/p
0
-2 -1 0 1 2
-60
-29.5759
0
30.2626
60

0
 t' /2
p
/p
0
-2 -1 0 1 2
-60
-26.861
0
33.3048
60

0
 t' /2
p
/p
0
(a) (b)
(c) (d)
(e) (f)
(g) (h)
Chapter 3 
61 
Furthermore, I calculated the pressure amplitudes at the fundamental (fa) 
and second harmonic (2fa) frequencies by first calculating FFT of the waveforms 
in Figure 3.2(c~h) and then an inverse FFT for the measured fa and 2fa tones. I 
then measured the amplitude of the resulting time domain signals. Figure 3.3 
shows the pressure amplitude change at fa and 2fa with the increase in ultrasound 
pressure amplitudes on the surface of the ultrasound transducer (p0). The 
pressure amplitude of fa varies linearly with p0. The variation of 2fa pressure 
amplitude has a quadratic form, confirming its second-harmonic nature.  
 
Figure 3.3 Ultrasound fundamental (fa) and second harmonic (2fa) pressure amplitudes of the 
ultrasound focal point versus the pressure at the surface of the transducer. 
Secondly, I calculated the ultrasound pressure field in the r-z plane (y=0) 
(Figure 3.1). Figure 3.4(a~b) show the ultrasound pressure amplitude in the r-z 
plane (y=0) and along z axis with no nonlinear effects when A=0, N=0 and 
Figure 3.4(c~d) show the ultrasound pressure amplitude in r-z plane (y=0) 
(Figure 3.1) and along z axis when A=0.02446 and N=0.21875. Comparing the 
results between the linear and nonlinear ultrasound fields, it is very clear to see 
that the nonlinear effect is more obvious with the increase of ultrasound pressure. 
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Figure 3.4 (a) Ultrasound linear pressure field of z-r plane in Figure 3.1 (A=0, N=0) (b) Normalized 
pressure value along z axis of (a) (c) Ultrasound nonlinear pressure field of z-r plane in Figure 3.1 
(A=0.02446, N=0.21875) (d) Normalized pressure value along z axis of (c). 
3.3 Estimation of the particle displacement based on ultrasound 
pressure 
The Particle displacement (A) induced by the ultrasound was used in 
previous UOT simulation studies [32, 63]. In order to combine the realistic 
ultrasound pressure field with UOT simulation, I developed equations to convert 
values between particle displacement (A) and ultrasound pressure (p) as 
described in the following paragraphs. 
Bulk modulus (B) is the parameter that relates the applied force and 
resulting deformation of the material. Consider a longitudinal plane wave 
propagating deep within a material very far from any surfaces or boundaries. The 
material is characterized by a bulk modulus, B, defined by  
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 B = −V
dp
dV
 (3.6) 
where V is volume, and dp the change in pressure from the equilibrium value in 
response to volume change dv. Consider a rectangular volume element of cross-
sectional area A and aligned with the x-direction, terminated at the coordinates x0 
and x0+Δx0, which is in equilibrium (Figure 3.5(a)). If a sound wave passes 
through the material in the +x direction, then points in the element undergo 
displacement, the ends moving to coordinates x0+ε and x0+Δx+ε+Δε, 
respectively (Figure 3.5(b)) and the element, initially of volume [(x0+Δx)-(x0)]A, 
changes to a volume [(x0+Δx+ε+Δε)-(x0+ε)]A, a difference of ΔV=AΔε [7]. If 
the differential Δ becomes very small, application of Equation (3.6) to the 
element gives 
 B = −A∆x
∆p
A∆ε
 (3.7) 
 
Figure 3.5 A bulk material shown (a) at equilibrium, is (b) distorted by the passage of an acoustic 
wave (Revised from [7]) 
 The change in pressure from equilibrium, which equals the acoustic 
pressure, is the ratio of force-to-area impressed upon a cross-section (i.e. in the 
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y-z plane) at a given x-coordinate. Therefore the force F upon the plane at 
position x0 is 
 F x0 = Adp =  −BA
∂ε
∂x
 
x=x0
 (3.8) 
 Assuming harmonic motion for the displacement ε, gives 
 ε = ε0e
i ωt−kx   (3.9) 
Substituting from Equation (3.8) using the fact that the acoustic pressure 
p equals the deviations from equilibrium pressure Δp, gives 
 p = Bkε0e
i ωt−kx +π
2
  (3.10) 
 On the other hand, the speed of the pressure wave is determined by the bulk 
modulus (B) and the density (ρ) 
 c =  
B
ρ
 (3.11) 
 Equation (3.10) can be written as 
 p = c2ρkε0e
i ωt−kx +π
2
  (3.12) 
Finally, I derive the relationship between pressure amplitude and the 
particle displacement. 
 p0 =  p = c
2ρkε0 (3.13) 
Converting the parameters in Equation (3.13) into the characters that I used 
in the following equations, here k stands for the ultrasound wave number (ka), c 
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stands for the ultrasound wave velocity in water (va), ε0 stands for the particle 
displacement (A). Equation (3.13) can be re-written as 
 p0 = va
2ρkaA0 (3.14) 
 Equation (3.14) shows the relationship between pressure and particle 
displacement. This is useful because the KZK model described in Section 3.2 
generates a realistic ultrasound pressure field. However, in the next section I 
describe a Monte Carlo simulation model, which calculates optical phase change 
depending on particle displacement. Equation (3.14) allows us to convert the 
generated pressure field into particle displacements for use by the Monte Carlo 
model. 
3.4 Monte Carlo simulation of UOT with realistic ultrasound fields 
 As ultrasound is a mechanical wave, it causes the compression and 
stretching of tissue, which leads to a change of tissue density with ultrasound 
frequency. Consequently, the refractive index of tissue, which is highly related to 
tissue density, is changed. When a photon passes through the acoustically 
insonified area, the phase of the photon is modulated. The detected light signal is 
made up of light modulated by the ultrasound wave and a background of light 
that is not modulated. The modulation depth (M), which is the ratio between the 
modulated and un-modulated signals, was defined in Chapter 2. The observed 
optical modulation depth, which is related to the modulation mechanisms and the 
intensity of the ultrasound wave, can reflect the local optical and ultrasonic 
properties within the ultrasound insonified area [40]. Two factors can affect the 
intensity of the modulated signal: the number of modulated photons compared to 
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un-modulated photons and the extent to which individual photons passing 
through the US focus are modulated. 
3.4.1 Method 
The Monte Carlo simulation system was developed by extending the 
public domain software – MCML [71, 72] to include ultrasound modulation. The 
simulation was based on two main mechanisms: (I) the optical phase variations 
induced by the particle displacement induced by the ultrasound and (II) the 
optical phase variations in response to ultrasonic modulation of refractive index. 
Figure 3.6 shows these two main mechanisms of UOT, which were described in 
Chapter 1.  
 
Figure 3.6 The two main mechanisms of UOT. The red area with the blue dash circle stands for the 
ultrasound focal area. The green line in the graph stands for a photon’s path within the ultrasound 
focus area. The yellow arrows describe the particle oscillations induced by the ultrasound pressure.  
The modified program records phase variations due to ultrasound 
modulation along the optical path and calculates the autocorrelation value due to 
ultrasound modulation. In the simulation, a realistic focused ultrasound field, 
which was simulated in Section 3.2, was applied to an optical scattering medium. 
The ultrasonic focus had a height of 1 cm and a diameter of 0.1 cm (Figure 3.4(a 
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and c)). The photon packet was launched perpendicularly into the tissue and 
traced in this simulation program. Geometric calculations were performed to 
determine whether the photon packet crossed the ultrasound insonified area. A 
photon was labeled whenever it entered or exited the ultrasound column or was 
scattered within the column. Here I assume that the propagation time of photons 
through the medium is so short that the ultrasound field is treated as ‗frozen‘ and 
all scatterers‘ movements during that time can be neglected. Photons passing 
through the ultrasound insonified column at different times will meet the same 
scatterers but in different positions. When a photon transverses the ultrasound 
column, at each scattering event, the phase difference between t and t+η is 
calculated, where t and τ vary from 0 to an ultrasound period Ta in increments 
Ta/32 and then the accumulated phase difference along the whole scattering path 
can be found. The labeled transmitted photons were scored as the ac signal (Iac). 
The unlabeled transmitted photons were scored as the dc signal (I0). The 
detection area was a circular disk with 2 cm radius at the exit plane. Only 
photons exiting within this detection area were scored. I calculate the 
autocorrelation function of transmitted light by accumulating contributions from 
all transmitted photons. The procedure for calculating the modulation depth is 
described below. 
 When scattered light traverses between two consecutive scattering events 
r j−1 and r j , (Figure 3.7) the phase accumulated along a scattering path of length lj 
can be calculated by Equation (3.15) 
 φj = n0k  0 ∙ ∆r  (3.15) 
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here n0 is the refractive index of the scattering medium, k  0 is the optical wave 
vector, its direction is the same as the z axis, ∆r  is the difference between r j−1 
and r j. Equation (3.15) can be expressed as  
 φj = n0k  0 ∙ l j (3.16) 
where k0 is the optical vacuum angular wave number and l j is the path length 
between these two consecutive scattering places. When an ultrasound sound 
wave propagates through this media, as the mechanisms of UOT described in 
Chapter 2, n0 and lj are varied at the ultrasound frequency and finally induce a 
variation in optical phase. 
 
Figure 3.7 The geometry of the UOT simulation 
 Equation (3.17) [32] describes the refractive index variation induced by 
ultrasound modulation along the j
th
 free path. 
 n  r j−1, sj , θ, t = n0 +  
∂n
∂p
 ρva
2kaA0sin k  a ∙ r j−1 + kasjcosθj − ωat  (3.17) 
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where k  a  is the acoustic-wave vector and, 
∂n
∂p
  is the adiabatic piezo-optical 
coefficient of the material. ρ is the density of the medium, va  is the velocity of 
the ultrasound. r j−1 is the location of the (j-1)
th
 scatterer, sj is the distance along 
the j
th
 free path, θj is the angle between the optical wave vector of the j
th
 free path 
and the acoustic-wave vector, A0 is the amplitude of particle displacement 
induced by the ultrasound. 
 As the equation of the relationship between the ultrasound pressure and 
particle displacement shown in Equation (3.14): p0 = va
2ρkA0, Equation (3.17) 
can be written as 
 n  r j−1, sj , θ, t = n0 +  
∂n
∂p
 × p t  (3.18) 
where p(t) is the ultrasound pressure varied sinusoidally with time, which was 
calculated in section 3.2.  
 The phase variation induced by the modulated index of refraction along the 
j
th
 free path is [32] 
 φj
∆n t = k0  n  r j−1, sj , θ, t dsj
lj
0
 (3.19) 
In our simulation, for each photon step of length lj, I divided it into 
several small steps and each small step had the same length of ∆lj=0.001 cm, the 
phase variation φnj  t  was accumulated along each photon step: 
 φj
∆n t = k0n0  
∂n
∂p
  pj m, t × ∆lj
N−1
m=0  (3.20) 
where k0 is the optical wave vector in vacuo, n0 is the background index of 
refraction, N is the number of the small steps along the path lj, t varies from 0 to 
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an ultrasound period Ta, ∆lj is the value of each small step along the path lj, and 
pj m, t  is the pressure value of the m
th
 point on the path lj at time t. In order to 
find the value of pj m, t  at each scattering point, first, the relative position of 
each scattering point was found in the 2-D ultrasound field data which was 
calculated on a 385×1261 grid (Figure 3.1). Second, based on the values of four 
points on the relative grid, the pressure value of each scattering point was 
interpolated linearly (Equation (3.21)).  
 
Figure 3.8 Bilinear interpolation graph 
 I used bilinear interpolation to interpolate the pressure value at the 
scattering point. First I found the location of the current scattering position P(x, y, 
z) in the pressure field grid by calculating the column and row closest to the 
scattering position: ny=y/Δr (0.03125 mm), nz=z/Δz (0.03 mm). Using the 
column and row, I can find out four point pressure values of the grid surrounding 
the current scattering position. Bilinear interpolation calculates the pressure 
values of the current scattering point P using: 
 PQ1 ≈  
y2−y
y2−y1
× P3 +
y−y1
y2−y1
× P4 
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 PQ2 ≈  
y2−y
y2−y1
× P2 +
y−y1
y2−y1
× P1 (3.21) 
 P ≈  
z2−z
z2−z1
× PQ1 +
z−z1
z2−z1
× PQ2  
where P1 is the pressure value of point P1, P2 is the pressure value of point P2, P3 
is the pressure value of point P3, P4 is the pressure value of point P4, QP1 is the 
pressure value of point P1, QP2 is the pressure value of point P2, and P is the 
pressure value of point P. 
For the oscillation of scattering particles in response to ultrasound 
modulation, Equation (3.22) describes the y coordinate changes of the scatterers 
in time as an ultrasound wave passes over the scatterers. 
 yj t = y0,j + ∆yj t  (3.22) 
where Δyj(t)=Asin(ωat-kay0,j), and I assume that n0 and k0 have constant values in 
the medium and the scattering particle displacements along the x axis and z axis 
are not considered.  
Based on Equation (3.16), the phase variation at one scattering place can 
be obtained as described in Equation (3.23). 
 φj
∆l t = n0k0lj t  (3.23) 
where lj t =   k  j+1 cosθj −  k  j cosθj−1 ∆yj t , k  j  is the unit optical wave 
vector for the jth free path, θj-1 and θj are the angles between the acoustic-wave 
vector k  a  and the scattering paths, lj and lj+1, respectively. 
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The overall phase variation φ t  at a specific time t is accumulated along 
the whole photon path s, and is the sum of contributions from the individual 
φj
∆n t  and φj
∆l t  as Equation (3.24). 
 φ t =  φj
∆n t 𝑁+10 +  φj
∆l t 𝑁0  (3.24) 
The amplitude of the phase shift for each photon was calculated in 
Equation (3.25): 
  φ =     φj
∆n t 𝑁+10  
2
 𝑡 +    φj
∆l t 𝑁0  
2
 𝑡  (3.25) 
where t varies from 0 to Ta. 
The phase variation φ t  in response to the ultrasound modulation 
appears as an intensity modulation at the optical detector. The intensity 
modulation is derived by calculating the Fourier transform of the field 
autocorrelation function G1(η) based on the Wiener-Khichin theorem. 
The field autocorrelation function of scattered light is given as [32] 
 G1 τ =  p s  Es t Es t + τ  tds
∞
0
 (3.26) 
where p(s) is the probability density function of path length s and Es is the 
electrical field of the light scattered along path s. The correlation function for a 
photon packet travelling the path s is calculated from the contributions of random 
Brownian motion and ultrasonic modulation, which can be treated separately 
because of the independence of the contributions to the autocorrelation function 
from Brownian motion and from the ultrasonic field. Here I only consider the 
contribution of ultrasound modulation [32], 
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  Es t Es t + τ  t =  exp −i∆φs t, τ   t (3.27) 
where the averaging is performed over the ultrasound period Ta. Δθs(t, η)=θs(t+η) 
- θs(η), and Δθs is the total phase variation induced by the modulated index of 
refraction and the modulated particle displacement. 
The detected light intensity is calculated [32] 
 In =
1
Ta
 cos nωaτ G1 τ 
Ta
0
dτ (3.28) 
where Ta is the ultrasound period. Then the modulation depth (M) is calculated 
by [32], 
 M =
I1
I0
 (3.29) 
3.4.2 Simulation setup 
All simulations in this study were performed using the following 
parameters unless stated otherwise: the refractive index n0=1.33, the absorption 
coefficient μa=0.01 cm
-1
, the reduced scattering coefficient μs=5.0 cm
-1
, 
anisotropy factor g=0.0. The thickness of the simulated object is 4 cm. Only the 
transmitted photons passing through a circular disk with a 2-cm radius on the exit 
plane, simulating the detection area, were included. The velocity of the ultrasonic 
wave is 1480 m/s. The ultrasound fields were calculated in KZK program 
(Section 3.2). The density of the medium is 1000 kg/m
3
 and the adiabatic piezo-
optical coefficient of the material  
∂n
∂p
  was 1.466E-010 m2/N. One million 
photons were used. 
The simulation was initially validated against those reported in [32, 63] 
by calculating the modulation depth versus acoustic wave number. A series of 
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simulations were then conducted to investigate how an increase in particle 
displacement can improve the UOT signal. In this case I fixed the ultrasound 
frequency (5MHz) but varied the ultrasound pressure on the ultrasound 
transducer surface from 0.0033 MPa to 0.1629 MPa. Since the results, as shown 
in the following section, revealed saturation of UOT signal when ultrasound 
pressure increases, I then conducted further simulations to investigate this 
saturation by calculating the optical phase change in response to the ultrasound 
pressure. 
3.4.3 Results 
 
Figure 3.9 The modulation depth contributed by the index of refraction alone, Mn; the modulation 
depth contributed by displacement alone, Md; and the modulation depth contributed by both, Msum. 
(a) The simulation results from [32]. (b) The simulation results from my simulation. 
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Figure 3.9 shows the modulation depth, defined as the ratio of the light 
intensity at the ultrasonic frequency over that of the un-modulated light [32], as a 
function of ka (the amplitude of the acoustic-wave vector). The modulation depth 
increased as the acoustic wave number increased. This figure is derived for a 
particle displacement of 0.1 nm within a homogeneous ultrasound field. It can be 
seen that Msum approximately equals to the sum of Md and Mn. Mn increases with 
ka, whereas Md is independent of ka. The former is because the average phase 
accumulation from the free paths increases with ka, and the latter is because the 
average phase accumulation from the scattering events does not depend on ka. 
Our results differ in magnitude by factor of 2 from the results in [32] but show 
the same frequency dependence, which I consider as a good agreement between 
independent simulations [32, 63]. 
Table 3.2 The values of the focal linear pressures, the pressures of the ultrasound transducer surface, 
the ultrasound focal pressure at fundamental frequency (5 MHz) and the pressure at the ultrasound 
second harmonic (10 MHz) which were shown in Figure 3.3. 
 
In order to compare using nonlinear ultrasound fields and using linear 
ultrasound fields, all the following results are given with respect to the pressure 
on the surface of the ultrasound transducer. Table 3.2 lists the pressure values at 
the surface of the transducer (P0) and the pressure values of the first (Pfocal_f0) and 
second harmonics (Pfocal_f1). All these values are relative to the linear pressure 
values at the focal point (Pfocal_linear). 
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Figure 3.10 (a) The background light and (b) the modulated light intensities at fundamental (fa, top 
three lines) and second-harmonic (2fa, bottom three lines) ultrasound frequencies versus the pressure 
amplitude on the surface of the ultrasound transducer when different optical scattering coefficients 
were applied. All these results were normalized with the background light intensity when the 
ultrasound amplitude was 0 MPa. 
Figure 3.10 shows the change of light intensities with increasing the 
pressure amplitude on the surface of the transducer when different optical 
scattering coefficients were applied. The relative pressures at the focal point 
were given in Table 3.2. The background light intensity (I0, un-modulated light 
intensity) decreases with increasing ultrasound pressure. The light intensities 
modulated at fundamental frequency (fa) and second harmonic (2fa) increase with 
the acoustic pressure. This indicates that more light was modulated at higher 
ultrasound pressure. The amplitudes of the background light intensities decrease 
and the amplitudes of the light intensities at f and 2fa increase with increasing 
optical scattering coefficient. This is because the photons‘ path will be longer in 
a medium with a larger scattering coefficient. However, at high voltage values 
both light intensities at fa and 2fa start to saturate. One possible explanation for 
the saturation is that the optical phase variations due to ultrasound modulation 
are close to or even beyond 2π and so they start to cancel out with each other as 
the particle displacement increases by increasing the ultrasound amplitude [73].  
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Figure 3.11 (a) The background light intensity and (b) the modulated light intensities at fundamental 
and second-harmonic ultrasound frequencies versus the pressure amplitude on the surface of the 
ultrasound transducer when different optical absorption coefficients (µa) were applied. All these 
results were normalized with the background light intensity when ultrasound amplitude was 0 MPa. 
Figure 3.11 shows the change of light intensities with increasing the 
pressure amplitude on the surface of the transducer when different optical 
absorption coefficients were applied. The amplitudes of the background light 
intensities increase and the amplitudes of the light intensities at f and 2fa 
decrease with increasing optical absorption coefficient. This is because more 
photons were absorbed when going through the scattering medium with a larger 
absorption coefficient. 
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Figure 3.12 The background light intensity (a) and the modulated light intensities at fundamental (b) 
and second-harmonic (c) ultrasound frequencies versus the pressure amplitude on the surface of the 
ultrasound transducer. All these results were normalized with the background light intensity when 
ultrasound amplitude was 0 MPa. 
Figure 3.12 shows the comparison of the results between linear 
ultrasound modulation and nonlinear ultrasound modulation. I got very similar 
results at lower ultrasound amplitudes however when ultrasound amplitudes 
increase the background light intensities with linear ultrasound field are lower 
than those with nonlinear ultrasound fields. The modulated light intensities at the 
first harmonic fa with the linear ultrasound field are higher than those with the 
nonlinear ultrasound field. This is because when considering the nonlinear 
ultrasound effects, some of the energy at first harmonic goes to the second 
harmonic. This results in less light modulation at the first harmonic when using a 
nonlinear ultrasound field than using a linear ultrasound field. However, the 
modulated light intensities at the second harmonic, 2fa, with the linear ultrasound 
field are lower than those with the nonlinear ultrasound field with increasing 
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ultrasound pressure. This is because when the nonlinear effects were considered, 
with the ultrasound pressure increase, the nonlinear effect of the ultrasound will 
be bigger than that at lower pressure. More energy goes into higher harmonics 
(2fa, 3fa…) from fundamental frequency fa. However the results in Figure 3.12(c) 
show that the light modulation at the second harmonic was only slightly larger 
with nonlinear ultrasound fields versus the linear. This may be because higher 
frequency ultrasound is more attenuated in the medium, so the ultrasound 
harmonic modulation may not be the main source of light modulation at the 
second harmonic (2fa). Another possible source of light modulation at the second 
harmonic (2fa), is the interference of optical wavelets that are phase modulated at 
the fundamental frequency fa. This is a well known phenomenon and is easily 
described for two-wave interference. First- and second-harmonic light 
modulation is caused by phase modulation at the frequency fa and described by 
θ t = θ
0
+ ∆θcos 2πfat . Please refer to [74] for further explanation. 
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Figure 3.13 Distribution of the phase shifts 𝛗𝐣, for the 9103 detected photons in the simulation of the 
UOT system. The histogram bins have a width of 2. (a) the magnitude of the phase shifts at pfocal=1 
MPa. (b) the magnitude of the phase shifts at pfocal=2 MPa. (c) the magnitude of the phase shifts at 
pfocal=3 MPa. (d) the magnitude of the phase shifts at pfocal=4 MPa. 
Further simulations were performed by calculating the phase shift for 
each detected photon in response to the increase of ultrasound pressure. Figure 
3.13 shows the results of the phase-shift calculations (Equation (3.26)) for the 
9679 detected photons in the optical simulation. The histograms in Figure 3.13 
give the distribution of the magnitudes at different ultrasound pressures. The 
values for the phase shifts are given in degrees. The histogram bins were spaced 
by 2°, the most populated bin is the phase-shift interval 2°~4° at the linear 
ultrasound focal pressure of 1 MPa which includes nearly 9103 detected photons. 
The average magnitude of the phase shift ( φ t          ) is ~6.68°, with a standard 
deviation of ~10.8°. The phase shifts of a number of photons have much higher 
magnitudes than the average. These correspond to photons that have passed near 
the ultrasound focus. The number of photons with phase shifts between 2°~4° is 
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decreased with the increase of ultrasound pressure, although the phase shifts of 
most detected photons still vary between 2°~4°. The mean values and the 
standard deviation of the phase variations increase with the ultrasound pressure 
which means that the phase change along each photon‘s path increases with the 
ultrasound pressure and the arguments of the phase shifts are spread over all 
angles between 0° and 360°. If the optical phase variations due to ultrasound 
modulation are close to or beyond π, it may saturate the modulated light 
intensities which were induced by the phase cancellation along each single path. 
However, during the simulations, there are 209 photons whose phase changes are 
bigger than π when the ultrasound linear focus pressure was 5 MPa (9679 
photons are detected and 9103 photons passed through the ultrasound modulation 
area). This indicates that the phase variations of ~97.7% of the modulated 
photons are still within π, which means even if I further increase the ultrasound 
amplitude, there are still plenty of phase-unsaturated photons that may increase 
the modulation signals. 
3.5 Summary and discussion 
In this chapter, a Monte Carlo simulation was used to investigate the 
dependence of the UOT signal on particle displacement. This is the first step of a 
thorough evaluation of the effects of high intensity ultrasound on UOT signals 
and here the UOT signal was found to start to saturate with higher ultrasound 
pressure. The results suggest that this arises from the magnitude of optical phase 
changes which causes cancellation along a single photon path. In this simulation 
the saturation starts at around a pressure of p0=0.1 MPa on the surface of the 
ultrasound transducer, which corresponds to a pressure of ~2.7 MPa at the 
ultrasound fundamental frequency, 5 MHz, at the ultrasound focal point. 
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However, the percentage of the saturation is very small which means that UOT 
could be improved by using high intensity ultrasound. As the amplitude of 
ultrasound increases, not only the ultrasound frequency particle displacement 
contributes to the UOT signal, but also the displacement due to the acoustic 
radiation force (defined in Chapter 1 and studied in detail in Chapter 4). The 
contribution of the acoustic radiation force to the UOT signal is not yet clear. 
Although such forces can generate large displacements (at micron levels) [75], 
this type of displacement is a collective displacement of many particles. The 
relative displacement between adjacent particles is small, and how much effect 
such a collective displacement of particles has on UOT signals needs further 
study. Furthermore the effects of shear waves due to the radiation force on UOT 
signals needs to be fully evaluated as well. This shear wave has been 
experimentally demonstrated to be detrimental to UOT [62]. A detailed study 
should lead to improved UOT techniques that reduce such detrimental effects 
and maximize the localized UOT signals, and further studies are underway to 
extend the results of this study. 
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4 Parallel detection of AM ultrasound modulated optical 
signals  
In this chapter, the effect of amplitude modulated (AM) ultrasound on ultrasound 
modulated optical (UO) signals will be investigated. A brief overview of the 
existing methods and the motivation to study AM ultrasound modulated optical 
signals will be described (section 4.1). I will theoretically study the acoustic 
radiation force (ARF), shear wave and the particle displacement in response to an 
oscillating ARF in an elastic viscous medium (section 4.2). Our experiment setup 
and the methods of data acquisition and analysis will be described in section 4.3. 
The experimental results will be shown in section 4.4. A summary of the 
experimental work in this chapter will be given in section 4.5. 
4.1 Introduction 
Ultrasound modulated optical tomography (UOT) is a hybrid technique 
which combines optical contrast with ultrasound resolution at mm-cm depths 
based on the detection of photons that have been modulated by ultrasound waves. 
Reviews on this topic can be found in [12, 23]. Currently a key challenge in 
acousto-optic imaging is how to detect the low quantity of light modulated at the 
ultrasound frequency on top of the high background of un-modulated light in an 
efficient manner. Various optical detection methods were developed including 
the use of single detectors of the size of a single speckle cell [49], parallel multi-
detection of speckle fields using charge coupled device (CCD) arrays to increase 
the number of speckle cells measured simultaneously to improve the signal to 
noise ratio (SNR) [52, 55], photorefractive crystal holography and interferometry 
to allow the phase modulation to be converted into an amplitude modulation for 
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more sensitive detection [59], and a nonlinear narrowband optical filter achieved 
by a spectral-hole burning crystal [76]. They were described in Chapter 2.  
On the other hand, another way to improve the ultrasound modulated 
light signal is to increase the acoustically induced modulation. Zemp et al. [62] 
used intense acoustic bursts to generate an acoustic radiation force and achieved 
improved SNR by time gating the CCD camera to capture modulated light. 
Acoustic bursts allow much greater acoustic amplitudes compared with CW 
ultrasound. At the same time intense acoustic bursts generate a low frequency 
acoustic radiation force (ARF) which is an uni-directional-steady force that leads 
to a displacement of the scattering particles on top of the periodic movement 
caused by the ultrasound frequency. The displacement generated by the ARF, 
which is typically several micrometers occurring in about a millisecond [9] is 
much larger than that generated by high frequency ultrasound which is several 
tens of nanometers [8]. If the intensity of the incident sound field does not 
change over time, the generated ARF would be a steady force. Alternatively, an 
oscillatory radiation force, whose modulated incident ultrasound energy density 
changes periodically at a low frequency (e.g., 250 Hz), can be used. No previous 
studies using an oscillating ARF in an UOT experiment have been reported. In 
this study, I used an AM ultrasound beam to produce a low frequency oscillating 
radiation force in order to further study the effect of the ARF on the optical 
signal. 
4.2 Theory 
It is important to understand the particle displacements induced by the 
ARF and the generation and propagation of the ARF induced shear waves in 
tissue. Shear waves may adversely affect imaging quality and models can help 
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provide design guidelines for UOT systems and design time-gating parameters to 
avoid capturing shear wave-modulated optical signals. First I theoretically 
studied the ARF and the shear wave. Second, the particle displacements in 
response to an oscillating ARF in an elastic viscous medium were calculated. 
4.2.1 Acoustic Radiation Force 
The ARF is a time averaged force exerted by an acoustic field on an 
object. The variation of ultrasound energy density, which is induced by the 
reflection and attenuation of ultrasound energy, will cause a momentum 
transformation from the ultrasound wave to the medium. It can be expressed as 
Equation (4.1): 
 F = drS E t (4.1) 
where  E t  is the time-averaged energy density of the incident wave, S is the 
projected area of the object, dr  represents the acoustic attenuation properties of 
the object. The expression of dr  can be found in [77] and is expressed as below: 
 dr =
1
s
 Πa + Πs −  γcosθdA −
i
s
 γsinθdA (4.2) 
where the real part and imaginary part represent the beam direction and its 
normal, respectively. Π𝑠  and Π𝑎  are the total scattered and absorbed powers, 
respectively and 𝛾 is the magnitude of the scattered intensity, all expressed per 
unit incident intensity. 𝜃  is the angle formed by the incident and scattered 
intensities and S is the projected area of the object.  
The transverse component of the force is due to oblique scattering of the 
incident sound wave. Because it is usually insignificant compared to the 
component in the beam direction, in the following analysis, I assume the 
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radiation force is along the ultrasound beam and dr  to be normal to the target 
surface. 
 dr =
1
s
 Πa + Πs −  γcosθdA  (4.3) 
There are three beam forming methods for generating an oscillatory ARF 
[10] (Table 4.1). I can use an AM signal to drive a focused signal-element 
transducer (AM geometry) (Table 4.1(a)) or two sine waves with slightly 
different frequency to drive a confocal transducer (Table 4.1(b)) which is 
composed of a two-element transducer having a concentric ring and a central 
disc. I can also use a x-focal geometry (Table 4.1(c)) which uses two single 
element transducers whose axes cross at their foci at an angle θ and operate at 
slightly different frequencies. For the AM geometry, the modulation of 
ultrasound energy occurs along the entire beam path, but for the confocal and x-
focal geometries, it occurs only at the focus where the two beams meet.  
Table 4.1 Illustration of three beam forming geometries for generating an oscillatory ARF. (From Ref. 
[10]) 
 
In this chapter, I have generated an oscillatory radiation force by using 
the modulation of a single ultrasound beam driven by an AM ultrasound signal 
(the beam forming geometry is shown in (Table 4.1(a)). Consider an AM 
ultrasonic plane pressure field p t , as:  
 p t = p0 1 + cos ∆ωt  × cos ω0t  (4.4) 
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where p0 , ∆ω, and ω0  are the pressure amplitude, modulating frequency, and 
central frequency, respectively. For a travelling plane wave, the energy density is 
given by [10] 
 E = p2 t ρc2  (4.5) 
where ρ and c are the density and propagation speed in the medium. In our 
analysis and experiments, I assume that the condition ∆ω ≪ ω0 holds. In such 
cases, the energy density of the incident field has a slow variation in time. For 
calculating the oscillating ARF using Equation (4.1), I choose the energy 
integration period, T, longer than the ultrasound wave period but much shorter 
than the modulation period, which is 2π ω0 ≪ T ≪ 2π ∆ω . Under this 
condition, the time-varying component of the short-term time average of the 
energy density can be derived from Equation (4.4~4.5) [78]: 
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1
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2
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Therefore, the oscillatory radiation force on the target can be derived 
from Equation (4.1): 
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 F =
dr S
ρc2
×  p2 t  T (4.7) 
     =
dr Sp0
2
2ρc2
 1 + cos ∆ωt  
2
 
Equation (4.7) shows that the time-varying force amplitude is 
proportional to the square of incident ultrasound pressure, or equivalently, to the 
incident power. If the object moves in response to this force, then the high-
frequency ultrasound energy would convert to low-frequency mechanical energy. 
4.2.2 Shear wave 
When a radiation force is applied to a given spatial volume for a short 
duration (i.e., the focal region of a focused acoustic beam with a temporal 
application time on the order of 1 ms), transient shear waves are generated that 
propagate away from the initial region of excitation (Sarvazyan et al. 1998). 
Figure 4.1 shows a 3D plot of a spatial shear wave pattern in X-Z plane. A point 
source force, characterized by a temporal delta function, is launched along Z axis 
in the middle of the X-Z plane (X=0 cm, Y=0 cm, Z=2 cm). The shear wave 
pattern in Figure 4.1 was captured 13 ms after the pulsed force launched. 
 
Figure 4.1 A 3D plot of a spatial shear wave pattern in the (X, Z) plane at a given sampling time 13 ms 
after a pulsed ARF launched. (calculated based on [79]) 
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The shear-wave propagation speed and attenuation are directly related to 
the mechanical properties of the tissue. The velocity of shear wave propagation is 
very low, typically around a few millimeters per millisecond, given as 
 Cs =  
μs
ρ
 (4.8) 
where  μs  is the shear modulus and ρ is the mass density. 
Shear waves are also highly attenuated in soft tissue, with attenuation 
coefficient two or three orders of magnitude higher than that of compression 
wave. This attenuation is frequency dependent. I have calculated the shear-wave 
attenuation coefficient (α) in the tissue phantom based on a Voigt‘s model in 
[80]: 
 α =  
ρω2  μ1
2+ω2μ2
2−μ1 
2 μ1
2+ω2μ2
2 
 (4.9) 
where μ1  the shear elasticity, μ2  is the shear viscosity, ρ is the density of the 
medium, ω is the angle frequency of the shear wave. 
Typical tissue parameters of shear-wave elasticity, μ1 = 40 kPa and 
density, ρ =1000 kg/m3, taken from [62], were used. Figure 4.2 shows that the 
shear-wave attenuation coefficient, which is frequency dependent and mainly 
related to the shear elasticity and viscosity, is less than 3.8 cm
-1
 at 250 Hz.  
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Figure 4.2 Shear-wave attenuation coefficients as a function of CW shear-wave frequencies. Three 
curves are plotted for viscosities of 0.1, 1, and 10 Pa s. 
Based on the attenuation coefficient values (α), I also calculated the 
spatial decay of the shear wave for three different frequencies.  
 A = e−αX  (4.10) 
where A is the amplitude of the shear wave, X is the propagation distance, α is 
the attenuation coefficient. The results in Figure 4.3 suggest that shear waves 
propagate further for low AM frequencies. 
 
Figure 4.3 Amplitude attenuation of the shear wave versus the propagation distance. The viscosity 
value in the graph is 1 Pa s. 
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4.2.3 Calculation of particle displacement induced by an oscillating 
ARF 
In response to the acoustic radiation force, a tissue-like medium is set into 
motion on very different time and amplitude scales to those of the compressive 
oscillatory strain due to the ultrasound wave. The magnitude of tissue 
displacement is related to tissue viscoelastic parameters and the amplitude of the 
applied force. After reaching maximum amplitude, displacements attenuate as 
shear waves propagate perpendicularly to the direction of the ultrasound, with 
particle motion parallel to the ultrasound beam.  
Simulations were performed to predict the theoretical displacements 
induced by an oscillating ARF in a visco-elastic medium. The viscoelastic 
dynamic response in an infinite homogeneous and isotropic solid medium is 
given by the classical Navier‘s equation: 
 ρu   =  λ + 2μ ∇   ∇  ∙ u   − μ∇  ×  ∇  × u   + f   (4.11) 
where λ and μ are the viscosity coefficients, u   is the particle displacement, ρ is 
the medium density and f  is a point like force acting per unit volume. The 
Green‘s function is the solution of Equation (4.11) when a pulsed point source is 
applied as f . 
The displacement induced in the xi direction (i=1,2,3)  by f  applied in the 
xj  direction (j=1,2,3) is given by [75] 
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 gij = gij
p r , t + gij
s  r , t + gij
ps  r , t  (4.12) 
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  (4.13) 
Different contributions in the expression of gij  in Equation (4.12) can be 
distinguished as the far-field compression term gij
p r , t , the far-field shear term 
gij
s  r , t  and the near-field coupling term (compression and shear waves) 
 gij
ps  r , t . Here the distance between the point source and the observation point is 
r =  x1
2 + x2
2 + x3
2  . The direction cosine for the vector xi  is γi =
xi
r
, δij  here 
represents the Kronecker symbol with δij = 1 if i = j, and 0 otherwise. cp  and cs  
are the bulk and shear velocities, νp  and νs  are kinematic bulk and shear 
viscosities, respectively. The space coordinate system is presented in Figure 4.5. 
Using the superposition principle, the displacement field induced by any 
given body force distribution f  in a viscoelastic medium can be deduced from the 
Green‘s function Equation (4.12): 
 u   r , t =  dτ
τ
 f  ξ , τ g   r − ξ , t − τ dξ 
V
 (4.14) 
In order to calculate the particle displacement induced by an oscillating 
force, I modified the approach in [79] to use a continuous-cosine oscillating force 
instead of a temporal impulse like the one used in [75]. This force was a point 
force at the focal plane (y=0).  
 f = f0 1 + cos⁡ ∆ωt  
2
 (4.15) 
Chapter 4 
93 
where f is the oscillating-point force whose oscillation direction is the same as 
the positive direction of the Z axis (Figure 4.5). f0 is the amplitude of the force. 
∆ω is the low-angle frequency. Figure 4.4 shows an example of an amplitude-
normalized force f which varies at the frequency ( ∆ω ) of 250 Hz and its 
harmonics in frequency domain, respectively.  
 
Figure 4.4 (a) Normalized acoustic radiation force amplitude versus time for the AM ultrasound at 
250 Hz. (b) Fourier Transform of the force displayed (a). 
Equation (4.14) was solved numerically in 3-D using C. The point force 
was at the origin of the 3D coordinate (Figure 4.5). The distance between the 
origin point O (0, 0, 2) and the observer point A (0.01, 0, 2.01) was 0.014 cm. 
Our ultrasound transducer focus geometry is 0.8 mm in width and 10 mm in 
length. If I assume the origin (point O in Figure 4.5) in this coordinate system is 
the middle of the ultrasound focus area, then point A is close to the middle and 
within the ultrasound focal zone. 
 
Figure 4.5 The geometry of the 3-D field and the position of point A relative to the position of the 
point force f. The focal length of the ultrasound transducer is 5 cm. 
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In our simulation, I first simulated the particle displacements along the x 
axis (Figure 4.5) at different times in response to an oscillating force shown in 
Figure 4.4(a). These results can help us to understand the circular shear wave 
propagation in the focal plane (y=0). Second, I set the AM frequencies (∆ω) to 
be 250 Hz, 500 Hz, 1 kHz, and 8 kHz and compared the particle displacements at 
a single point A (Figure 4.5) while using these different AM frequencies. 
For a single point source emitting a sinusoidally oscillating force lasting 
for 20 ms, the temporal responses along the x axis and at the given point A are 
shown in Figure 4.6 and Figure 4.7. The parameters of the medium chosen for 
this simulation were shear wave velocity 1 mm/ms, bulk velocity 1500 mm/ms, 
bulk viscosity 0 Pa.s and shear viscosity 0.2 Pa.s [79]. 
 
Figure 4.6 Variation of the normalized particle displacement along the X axis (see Figure 4.5) in 
response to a 250 Hz AM frequency force measured at different times  
Figure 4.6 represents the normalized particle displacement along x axis 
(Figure 4.5) in response to a 250 Hz oscillating force. The particle displacements 
were measured at different times after the force was launched. The displacements 
along the x axis are essentially unipolar within 2 ms after the force launched. A 
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shear wave front propagates perpendicularly to the direction of the ultrasound 
with a bipolar directivity pattern after 2.5 ms. 
 
Figure 4.7 normalised particle displacement as a function of time at one spatial point measured with 
different oscillating frequencies 
Figure 4.7 shows that the particle displacement at point A passes through a 
transient initial period before reaching a steady state oscillation approximately 3 
ms after the force was applied. The oscillation amplitude decreases as the AM 
frequency increases. These simulation results, will be discussed along with the 
experimental results in the section 4.4, help us to better understand particle 
displacement induced by an oscillating acoustic force in the focal plane. 
4.3 Experiment methods 
I intended to use a focused single-element ultrasound transducer to 
generate an oscillating acoustic radiation force in a tissue-mimic phantom and to 
investigate the effects of this oscillating acoustic radiation force on optical 
signals. The US frequency was 5 MHz. At this frequency the ultrasound 
attenuation and hence the amplitude of ARF is expected to be much higher than 
that of 1 MHz used in [62], potentially improving the UO signal amplitude. At 
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the same time 5 MHz is still low enough for the ultrasound to penetrate through 
at least a few centimeters of tissue. The AM envelope was 250 Hz as used in 
[78]. Different CCD exposure times were chosen based on the study by Zemp et 
al. [62], where the theories of ARF induced shear waves were described, and the 
effect of CCD exposure time on UO signals was explained. It has been suggested 
that a CCD exposure time of 0.2 ms is long enough to capture the effect of 5 
MHz ultrasound on UO signals with reasonable signal to noise ratio, but is short 
enough to exclude any ARF effects as ARF causes much larger but also slower 
particle movements. A longer camera integration time was necessary to include 
the effect of the ARF, and 2 ms was chosen according to the time scale of the 
ultrasound burst used and the velocity of the shear wave propagation. These 
parameters were also consistent with the experiments reported in [9]. Another 
parameter that can vary is the CCD trigger delay time. By adding such a delay 
time the UO signal captures different phases of the effects induced by the ARF 
and shear wave. If the delay time is such that the ARF induced local tissue 
displacement is captured but the shear wave has not propagated far, the UO 
signal can be improved without compromising spatial resolution. 
A CCD based optical parallel detection experimental system was set up 
and a low frequency oscillating radiation force was produced by an AM 
ultrasound signal. A tissue mimicking phantom was exposed to both the AM 
ultrasound and a laser with a wavelength of 532 nm. First, the UO signals were 
recorded by using different CCD exposure times. Second, the UO signals were 
compared at different AM frequencies. Third, the AM modulated UO signals 
were compared with traditional CW modulated UO signal by changing the peak 
to peak amplitudes of the AM and CW signals. Finally, the phantom boundary 
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and shear wave propagation effect on UO signals was studied by changing the 
distance between the centre of the optical detection area and one of the 
boundaries of the phantom. 
4.3.1 Phantom preparation   
A phantom (93.5 × 43 × 20 mm3) was created with 1% agar (mass 
concentration) in water yielding a Young‘s modulus of approximately 25 kPa 
[81], including 0.4% Intralipid (volumetric concentration) to simulate the 
scattering properties of biological tissue with a thickness of 20 mm and a reduced 
optical scattering coefficient of about 5 cm
-1
 [82]. The following paragraph 
describes the phantom preparation protocol. 
First, the water was heated to above 90 °C, which is the melting point of 
agar. Then the agar was added to the water, and the mixture stirred until the agar 
was completely dissolved. After the agar liquid cooled to a temperature of 60 °C, 
the intralipid was added. The mixture was poured into a mold (93.5×43×20 
mm
3
) after it cooled to 40 °C. By doing this, I can control the evaporation rate 
and make a phantom with similar optical and mechanical properties every time. 
 
Figure 4.8 The experimental setup of measuring the attenuation of an agar-intralipid phantom 
The acoustic attenuation coefficient of the agar-intralipid phantom was 
measured. Figure 4.8 shows the experimental setup. A hydrophone (Precision 
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Acoustics Ltd.) was positioned in the middle of the focus area of a 5 MHz 
focused ultrasound transducer (Olympus, panametrics, NDT). A 40 cycle burst 
signal with a peak to peak amplitude of 450 mV was generated by a function 
generator and amplified by an RF (Radio Frequency) amplifier. 
 
Figure 4.9 Waveforms received by a hydrophone 
Figure 4.9 shows the ultrasound waveforms detected by the hydrophone 
when a 2 cm thick agar phantom was not (red line) and was (blue dots) placed 
between the ultrasound transducer and the hydrophone. The attenuation 
coefficient was 0.0238 dB·MHz
-1
·cm
-1
 and calculated using 
 𝛂 =
𝟐𝟎𝐥𝐨𝐠𝟏𝟎  
𝐯𝟏
𝐯𝟎
 
 𝟓 𝐌𝐇𝐳 × 𝟒 𝐜𝐦 
  (4.16) 
where v1 is the peak to peak amplitude of waveform without a phantom and v0 is 
the peak to peak amplitude of waveform with a phantom. 
In order to see the acoustic scatterers in an agar-intralipid phantom, an 
image was taken of it using an ultrasound scanner (Ultrasonix, Canada) (Figure 
4.10). The phantom was put in a water tank with a thickness of 2 cm. The image 
was made using a linear ultrasound probe working at 6.6 MHz, which is close to 
the ultrasound frequency, 5 MHz, used in my experiments. 
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Figure 4.10 A B-mode ultrasound image of the agar-intralipid phantom 
4.3.2 Ultrasound and Optical setups 
The experimental setup is shown in Figure 4.11. A diode-pumped CW 
green laser (Excelsior 532, Newport Inc, Irvine, CA, USA, 532 nm, 100 mW) 
was expanded to 10 mm in diameter and was incident on the glass wall of a 60 
mm thick water tank containing the phantom. The light transmitted through the 
phantom generated speckle patterns caused by the random scattering of light in 
the phantom. The speckle pattern was detected by a CCD camera (Qimaging 
Retiga EXi, Surrey, BC, Canada) with 1392 × 1040 pixels and an iris was used 
to ensure that the speckle size was comparable with that of one CCD pixels (6.45 
×6.45 μm2). At full resolution, the camera ran at 15 Hz frame rate and the 
exposure time could be adjusted from 0.25 to 8 ms.  
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Figure 4.11 Experimental Setup: FG, Function Generator; DG: Delay Generator; The inset figure 
surrounded by dashed line illustrates the trigger setup in the trigger-delay generator (Stanford 
DG535) 
T1~3 consists of a group of triggers. 
T1: triggering the CCD camera when the ultrasound is off. 
T2: triggering the function generators to produce the ultrasound signal. 
T3: triggering the CCD camera when the ultrasound is on.  
A focused ultrasound transducer generated a 5 MHz constant ultrasound 
wave with a lateral focal width of 0.8 mm and a length of 22 mm at 46 mm 
working distance. An RF power amplifier (ENI, Inc., 240L, Rochester, NY, 
USA), with a linear gain of 50 dB between 10 kHz and 12 MHz, amplified the 
signals driving the transducer. The ultrasound focus was positioned 20 mm into 
the phantom. Two function generators (Agilent 33220A, South Queensferry, 
West Lothian, UK) were used to create the AM ultrasound signal. Function 
generator 1 generated a low kHz sinusoidal burst which modulated the amplitude 
of a 5 MHz CW ultrasound signal generated by Function generator 2. The CW 
ultrasound was also generated with a single function generator for comparison. 
The peak-to-peak (pk-pk) amplitude of the AM ultrasound was kept the same as 
the CW ultrasound, therefore delivering much less energy to the phantom. The 
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acoustic pk-pk pressure was varied between 255.2 kPa to 1.02 MPa for both the 
AM and CW ultrasound. 
4.3.3 Trigger and data recording 
A computer controlled delay generator (DG535, Stanford Research, 
Sunnyvale, CA, USA) was used to synchronize the ultrasound and CCD using 
three triggers T1, T2 and T3 (see Figure 4.11). The falling edge trigger T2 
controls the beginning of the AM ultrasound signal and the two rising edge 
triggers (trigger T1 and T3) provide start signals for two CCD exposures, which 
were timed so that one CCD image was recorded before, and one during the 
ultrasound signal burst. Multiple groups of triggers were used in the experiments 
where the time delay between ultrasound on (Trigger T2) and CCD recording 
(Trigger T3) were varied. This delay was set to be the ultrasound propagation 
time to the focus area plus 0, 1,…, 25 ms so that measurements at different 
phases of an AM signal cycle can be made. To allow enough time both for the 
data to transfer from the CCD to the computer and for the scattering particles 
within the phantom to settle, there was a 400 ms time delay between each of the 
acquisitions. Since the AM frequency was 250 Hz, I chose CCD exposure times 
that were between 0.25 and 8 ms to be a fraction or multiple of the AM period. 
The results presented in this chapter for CW ultrasound modulation acousto-optic 
signal always used 2 ms CCD exposure time. 
4.3.4 Data analysis 
In this thesis, I present our investigation of AM ultrasound modulated 
optical signal based on the detection of laser speckle contrast which can be 
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defined as the mean value of the speckle image intensity divided by its standard 
deviation as shown in Equation (4.17). 
 c =
ς
 I  s  p
 (4.17) 
where ζ and  I  s p  stand for standard deviation and mean of speckle intensity 
over all CCD pixels p.  
 At very long exposure times the speckle contrast approaches 0, whereas at 
very short exposure times the speckle contrast should approach 1 since very little 
blurring of the speckles occurs at short exposure times.  
 
Figure 4.12 Image contrast versus image recording time (ms) for CW ultrasound with 0.2 ms CCD 
exposure times. The maximum pk-pk amplitude is ~318 kPa (225 mVpp). The ultrasound frequency is 
5 MHz. 
When ultrasound acts on tissues, the contrast of the speckle pattern 
formed by the transmitted light decreases [57] as shown in Figure 4.12, which 
shows the image contrast changing with time when the ultrasound was turned on 
and off. The change in speckle contrast is an ensemble average over time of the 
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ultrasound-induced optical phase increments. I calculated the contrast parameter, 
CUS, of each acquired speckle pattern image in the presence of the US beam, as 
shown in the part of Figure 4.12 labelled ultrasound on. I also acquired an image 
of the speckle pattern in the absence of the US beam, providing us with a second 
contrast parameter CNO_US, as shown in the part of Figure 4.12 labelled 
ultrasound off. Finally, the change in speckle pattern contrast, called image 
contrast difference, which is due to the US field alone, ∆C=CNO_US- CUS , was 
calculated. This contrast difference is a key quantity used throughout the rest of 
the study. Error bars in all the following figures were calculated from the 
standard deviation of four repeated measurements. 
4.4 Experimental results 
I first investigated the AM ultrasound modulated optical signals by 
changing CCD camera exposure times. Figure 4.13 shows a comparison of UO 
signal for different CCD exposure times when applying 250 Hz AM ultrasound. 
Periodic variations in the UO signal were present (pink solid line) when using a 
shorter exposure time of 0.25 ms which was much less than a period of the AM 
signal. The peak values of UO signal variations were the same as those generated 
by the CW ultrasound of equal amplitude (the black line with dots). As the CCD 
exposure time increased to 2 ms which is half the AM period, the acousto-optic 
signal still varied periodically but the peak values were significantly larger than 
those measured with a 0.25 ms CCD exposure time. As the CCD exposure time 
increased to 4 ms or 8 ms, which are the same or twice the AM period, no 
significant periodical variations in the acousto-optic signal were observed and 
the amplitude of this signal was similar to the peak value of those measured at 2 
ms exposure time.  
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Figure 4.13 Contrast Difference versus CCD trigger delay time for CW ultrasound and AM 
ultrasound with various CCD exposure times. The maximum pk-pk amplitude is the same for the AM 
and the CW ultrasound. The AM frequency is 250 Hz. 
It can be seen from the results that at shorter CCD exposure times, the 
maximum acousto-optic signal due to AM ultrasound is consistent with CW 
ultrasound. At longer exposure times however, there is a significant increase in 
the acousto-optic signal. This indicates that with shorter exposure time (0.25 ms), 
the detected photons are mainly induced by the particle movements which 
oscillate at pure ultrasound frequency 5 MHz and any particle displacement due 
to the low frequency modulation such as radiation forces and shear waves is 
small and does not contribute significantly to the detected-optical signals. With 
longer CCD exposure time (>2 ms), more radiation force-induced low-frequency 
particle movements can be captured. However, such particle movements due to 
radiation forces can be local or non-local. In order to maintain reasonable spatial 
resolution, only the contribution from local particle movements is desirable and 
those due to non-local shear waves would reduce the resolution. 
In order to study the relationship between the AM modulation frequency 
and the modulated optical signals, I measured optical signals while changing the 
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AM frequencies. Figure 4.14 shows a comparison of the UO signals between 
different modulation frequencies. The acousto-optic signals were averaged over a 
5 ms period after reaching a steady-state. It can be seen that the averaged UO 
signal induced by AM ultrasound decreases as the modulation frequency changes 
from 250 Hz to 16 kHz. This corresponds well to the simulation results shows in 
Figure 4.7 that higher oscillating frequency signals generate much smaller 
amplitudes of oscillated particle displacements than lower frequency signals. 
 
Figure 4.14 Average acousto-optic signal versus AM ultrasound frequency (Hz). Ultrasound 
amplitude is 1.13 MPa pk-pk (800 mV). CCD exposure time is 2 ms. X axis was plotted in log scale.  
I used the same pk-pk amplitudes for both methods and measured the 
optical signals using a 2 ms CCD exposure time to compare the optical signals 
modulated by AM and CW ultrasound. Figure 4.15 shows the UO signal as a 
function of ultrasound amplitude for both AM and CW ultrasound. It can be seen 
that at 250 Hz, AM ultrasound at amplitudes higher than ~550 kPa can 
outperform CW ultrasound of the same amplitude.  
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Figure 4.15 Average acousto-optic signal versus ultrasound amplitude (mV). AM frequency is fixed at 
250 Hz. CCD exposure time is 2 ms. The pk-pk acoustic pressures for 225 mV and 900 mV are 318 
kPa and 1.02 MPa respectively.  
Since a shear wave can propagate over a significant distance before its 
amplitude is negligible at the AM frequency of 250 Hz (Figure 4.3), I have 
investigated the effect of shear wave reflections from the phantom boundary on 
the optical contrast measurement. The ultrasound focus and optical detection area 
(circle in Figure 4.16) were moved horizontally relative to a boundary of the 
phantom. The distances between the centre of the optical detection area and the 
phantom boundary were 1.8, 2.3 and 4.65 cm. Figure 4.17 shows that when the 
ultrasound focus was near the boundary, the UO signal had a peak at 
approximately 20 ms. When the ultrasound focus was moved further away from 
the boundary, this peak disappeared. Given that the shear wave propagation 
speed at this frequency is typically a few mm/ms [83] in tissue like media, the 
timing of the peak is in general agreement with the round-trip distance between 
the centre of the detection area and the tank boundary (~3.6 cm). However, 
further investigation is needed as the relative large wave length (cm) of the shear 
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wave means the relative phase of the reflected shear wave may result in either a 
peak or a trough in the optical acousto-optic signal. 
 
Figure 4.16 Geometry of the detection area. The green circle is the optical detection area. The dot, 
dash and solid lines stand for the different positions of the phantom. The detection area is in the 
middle of the phantom in solid line.   
 
Figure 4.17 UO signal values for detection areas at different positions on the phantom in order to see 
the effects of boundary reflection on the detected optical signals. The results correspond to the color 
coded boxes in Figure 4.16. 
In order to approve the boundary reflection of the shear wave, I measured 
the images independently on a SSI scanner (Aixplorer, SuperSonicImagine), 
which can observe the shear wave propagation induced by an acoustic radiation 
force. The measured images are shown in Figure 4.18. 
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Figure 4.18 (a) Ultrasound images measured on a SSI ultrasound scanner. The white, circle is the view 
of interest (VOI) and the white, rectangular box is the relative position of the linear ultrasound probe. 
The color area in the top graph shows particle displacement amplitude induced by the acoustic 
radiation force and shear wave. The graph on the bottom shows a normal B mode ultrasound image of 
the tested phantom. (b) Shear wave reflection recorded on a SSI ultrasound scanner. 
Figure 4.18 (a) shows the B mode ultrasound image measured on SSI 
scanner. I put a linear ultrasound probe, which targeted the white, rectangular 
box area in Figure 4.18, near to one of the boundaries of an Agar-Intralipid 
phantom. I can clearly observe the propagation of the shear wave and its 
reflected wave from the phantom boundary in Figure 4.18 (b). The area within 
the blue box in Figure 4.18 (b) is the water area. The bright line inside the red 
box is the position where the acoustic radiation force was launched. The bright 
areas within two yellow ellipses show the shear wave front (the one on the left) 
and its reflected wave front.  
4.5 Summary and discussion 
In this study, the effect of low frequency amplitude modulated (AM) 
ultrasound on optical signals was investigated using a CCD-based speckle 
contrast detection system. Large periodic variations in contrast at the low 
modulation frequency are observed by using short CCD exposure times and 
relatively constant signals were measured for longer CCD exposures. Our 
experimental results indicate that low frequency (several hundred Hz to several 
kHz) AM ultrasound, which generates an oscillating acoustic radiation force in a 
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tissue phantom, was able to increase the modulation signal when longer exposure 
times were used.  The relative contribution of shear waves and their effect on the 
spatial resolution were carefully studied in Chapter 5. 
It should be noted that I made comparisons between AM and CW 
ultrasound when the maximum peak to peak amplitude for the AM ultrasound 
was equal to that of CW ultrasound. In this case substantially more energy is 
transmitted by the CW ultrasound than the AM ultrasound. If compared on an 
energy-equivalent basis, even AM ultrasound at 8 kHz would have outperformed 
CW ultrasound. 
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5 Optical parallel detection of absorption and shear stiffness 
contrast in tissue-mimic phantom with acoustic bursts 
In this chapter, first I will briefly summarize and compare existing UOT methods 
that use acoustic radiation force and the detailed objectives of the work described 
in this chapter (section 5.1). Second, in section 5.2 I will describe our new 
experimental setups and give details on the phantoms used. Third, several 
experiments and their results will be presented including: (1) the time evolution 
of shear waves on tissue mimicking phantoms, (2) the testing of the optical 
contrast and spatial resolution by generating an ARF with an AM acoustic burst, 
and (3) the discrimination of optical and mechanical contrasts within a medium 
by adjusting the CCD exposure time (section 5.3). Finally, a summary and 
discussion of the experimental work in this chapter will be given in section 5.4. 
5.1 Introduction 
Acoustic radiation force (ARF) can create larger particle displacements in 
tissue than normal ultrasound [8] and it has been shown to be able to improve 
ultrasound modulated optical signals [61, 62, 78]. A slight improvement in UO 
signal was reported in [62], using 1 MHz ultrasound. At this frequency the UO 
signal is likely to be dominated by the pure ultrasound modulation because the 
attenuation of tissue at low ultrasound frequency is relatively low and so is the 
ARF. At higher ultrasound frequency, e.g. 5 MHz as used in the present study, 
the pure ultrasound modulation signal would be low, but the higher amplitude of 
ARF due to increased attenuation at 5 MHz could potentially boost the UO signal 
significantly. Furthermore, because higher frequency ultrasound has a smaller 
focal area, improved spatial resolution may be achieved. A recent study [78] has 
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shown larger improvements in UO signal using ARF by amplitude modulated 
(AM) ultrasound. However, the optical measurements were made long after the 
AM ultrasound started and UO signals due to acoustic radiation force may be 
delocalized due to shear wave propagation. Nonlocal UO signals can reduce 
UOT spatial resolution and degrade UOT contrast.  
A study by Daoudi et al. [83] has implemented a technique called opto-
elastography which uses a camera-based optical detection scheme designed to 
detect the transient motion created by the acoustic radiation force in elastic 
media. The experiment was specifically designed to detect shear wave 
propagation and is not sensitive to UO modulation. In their study they 
demonstrated the detection and discrimination of optical and mechanical 
properties in phantoms based on the spatial correlation between successive 
optical speckle patterns over time by a CMOS camera. Although the initial 
results shown in the study are encouraging, no imaging or scanning was 
performed and it is not clear what kind of spatial resolution and sensitivity can be 
achieved by this method.  
Although the application of high intensity ultrasound and the resulting 
radiation force can potentially improve the optical modulation signal, a detailed 
study to evaluate and quantify the improvement is lacking and some adverse 
effects have been revealed [62]. Firstly, shear wave propagation induced by the 
transient radiation force is a significant source of non-local optical modulation 
and will blur UOT spatial resolution and degrade UOT image contrast. Secondly 
a complex mixture of optical and mechanical properties, such as acoustic 
impedance, bulk modulus, or viscosity makes it difficult to interpret acoustic 
radiation force (ARF)-weighted UOT images. There are two main objectives of 
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this present study in this chapter. One is to study the time evolution of shear 
wave effects on UO signals and the imaging spatial resolution in detail in 
laboratory phantoms and to optimise the imaging process. The other objective is 
to demonstrate the detection and separation of optical contrast (optical 
absorption) and mechanical contrast (shear stiffness) by scanning an 
inhomogeneous phantom with UOT and ARF using different CCD exposure 
times.  
5.2 Experiment methods 
To study the acoustic radiation force (ARF) induced shear wave effects on 
ultrasound modulated optical tomography (UOT), in this chapter, (i) first, the 
time evolution of shear wave effect on UOT was firstly examined on tissue 
mimicking phantoms exposed to 5 MHz ultrasound and a 532 nm laser and 
measured with a CCD camera to monitor shear wave propagation and shear wave 
velocity can be calculated.  
(ii) Second, in order to optimise the imaging process, the shear wave 
effects on the UOT imaging spatial resolution was studied by scanning an 
optically inhomogeneous phantom.  
(iii) Third, the effect of the mechanical properties on the UOT signal was 
studied. Three homogeneous phantoms with different shear stiffness and similar 
acoustic impedance were subjected to one AM ultrasound cycle.  
(iv) Furthermore, the detection and separation of optical contrast (optical 
absorption) and mechanical contrast (shear stiffness) were studied by scanning 
an inhomogeneous phantom with UOT and ARF and changing CCD exposure 
time. 
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5.2.1 Experimental setup 
 
Figure 5.1 Schematic of experimental setup: US, ultrasound transducer; FG, function generator; RF 
amp, radio frequency amplifier. For both diagrams, either the ultrasound transducer (a) or the water 
tank (b) is moved along the Y axis by the motor stepper. 
The setup, which is similar to that described in the previous chapter, is 
shown in Figure 5.1. A diode-pumped CW green laser (Excelsior 532, Newport 
Inc, Irvine, CA, USA, 532 nm, 100 mW) was expanded to 10 mm diameter and 
was incident on the glass wall of a 60 mm thick water tank containing the 
phantom. The light transmitted through the phantom, generating speckle patterns 
caused by the random scattering of light in the phantom. The speckle pattern was 
Optical parallel detection of absorption and shear stiffness contrast in tissue-mimic 
phantom with acoustic bursts 
114 
detected by a CCD camera (Qimaging Retiga EXi, Surrey, BC, Canada) with 
1392×1040 pixels and an iris was used to ensure that the speckle size was 
comparable with that of at least two CCD pixels (pixel size 6.45 μm×6.45 μm). 
At full resolution, the camera ran at a 15 Hz frame rate and the exposure time 
could be adjusted from 0.2 to 8 ms. 
A focused ultrasound transducer generated a 5 MHz constant ultrasound 
wave with a lateral focal width of 1.6 mm and a length of 22 mm at a 46 mm 
working distance. An RF power amplifier (ENI, Inc., 240L, Rochester, NY, 
USA), with a linear gain of 50 dB between 10 kHz and 12 MHz, amplified the 
signals driving the transducer. The ultrasound focus was positioned 20 mm 
inside the phantom along the Z axis. Two function generators (Agilent 33220A, 
South Queensferry, West Lothian, UK) were used to create the AM waveform 
which after power amplification drove the ultrasound transducer. Function 
generator 1 generated a low kHz sinusoidal burst which modulated the amplitude 
of the 5 MHz CW waveform ultrasound signal generated by Function generator 2.  
There were two configurations of the experimental setup. In the first, a 
motion stage moved the ultrasound transducer perpendicular to the direction of 
the laser beam (Figure 5.1(a)) for testing the evolution of the shear wave 
propagation, and in the second, it moved the water tank (Figure 5.1(b)), while the 
focal point of the ultrasound transducer was always aligned with the center of the 
laser beam. This setup was used to scan the phantom with a 1D computer 
controlled motion stage (LG Motion Ltd, UK) while keeping the light intensity 
within the ultrasound modulation volume relatively constant. 
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5.2.2 Phantom information 
A homogeneous phantom (93.5 mm × 43 mm × 20 mm) was made with 0.8% 
agar and 0.4% intralipid (volumetric concentration) with a calculated Young‘s 
modulus of approximately 17 kPa and a reduced optical scattering coefficient of 
about 5 cm
−1
 [82]. The phantom was used to study the effects on measured UO 
signal by the ARF and the propagation of shear wave. Furthermore, since the 
amplitude of ARF is dependent on the mechanical properties of the phantom, two 
more homogeneous phantoms were made with different agar concentrations to 
examine the effect of phantom mechanical properties on measured UO signal. 
These consisted of 1% and 1.4% agar to yield calculated Young‘s moduli of 
approximately 25 kPa and 42.3 kPa respectively [81]. The higher concentration 
of agar provided shear stiffness contrast, while keeping the compression modulus 
(and consequently acoustic impedance) constant.  
Three inhomogeneous phantoms were also created (Figure 5.2(a~c)) with 
0.8% agar (mass concentration) in water and 0.4% intralipid (volumetric 
concentration). The phantom in Figure 5.2(a) contained a cylindrical optical 
absorber made of India ink with 6 mm diameter, which had the same agar 
(stiffness) and intralipid concentration (i.e. the same optical scattering property) 
as the surrounding material. The phantom in Figure 5.2(b) contained two 
cylindrical inclusions, one of which contained an optical absorber consisting of 
India ink with 3.5 mm diameter and had the same agar (stiffness) and intralipid 
concentrations (optical scattering property) as the phantom. The second inclusion 
was made with 1.5% agar in water and 0.4% intralipid, which had the same 
optical scattering coefficient but a higher shear stiffness than the bulk phantom. 
The phantom in Figure 5.2(c) contained two optical inclusions. Both of them had 
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similar optical properties but the one on the left had the same stiffness as the bulk 
phantom whilst the one on the right was stiffer (made with 1.5% agar in water) 
than the bulk phantom. For all experiments, the acoustic wave was applied 
parallel to the cylindrical inclusions (Z direction) while the optical beam was 
applied perpendicular (Y direction).  
 
Figure 5.2 Three inhomogeneous phantoms. (a) The black cylinder represents the cylindrical 
inclusion containing India ink. (b) The black cylinder represents the cylindrical inclusion containing 
India ink, whilst the grey cylinder represents the inclusion with modified shear stiffness. (c) The two 
cylindrical inclusions contain the same amount of India ink. The one on the left has the same 
mechanical property as the bulk phantom, while the one on the right is stiffer than the bulk phantom. 
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5.3 Experimental Results 
5.3.1 Evolution of UO signal after the acoustic burst 
  
Figure 5.3 (a) Sketch of the relative position of ultrasound focal area to the centre of the laser beam. 
(b) Contrast difference versus CCD trigger delay time for a 250 Hz-AM-US burst with 0.2 ms and 2 
ms CCD exposure time. 
The evolution of UO signal after the acoustic burst was studied in a 
homogeneous phantom to examine the effect of the ARF and the resulting shear 
wave propagation. The experimental setup was shown in Figure 5.1(a). UO 
signals were recorded at different times with respect to the beginning of a 4 ms 
acoustic burst. The start time was varied from the beginning of the acoustic burst 
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to as much as 20 ms later. The recordings were made with a step size of 0.5 ms 
under different US and camera integration time conditions. 
Figure 5.3 shows the temporal evolution of the UO signal in order to 
observe the effect of shear wave propagation, and the results were measured 
when the focal point of the ultrasound transducer was aligned with the centre of 
the optical detection area. The result measured with 2 ms exposure time was 
much bigger than that measured by 0.2 ms, as the UO signals were enhanced by 
the ARF and shear wave propagation [78]. In this work, I used a 1-cycle AM 
ultrasound burst (250 Hz AM frequency and 5 MHz carrier frequency) lasting 4 
ms and hence the amplitude of an AM ultrasound signal reached a peak at 2 ms. 
Therefore the UOT signal is highest at 2 ms for the measurements with 0.2 ms 
CCD exposure time (Figure 5.3(b) dotted-red line), which only captures pure 
ultrasound modulated signals. For 2 ms CCD exposure time, the position of the 
peak also depends on the effect of ARF. In this case the results in Figure 5.3 (b) 
(blue-square line) suggest that the combined effect of ultrasound modulation and 
ARF is greatest between 2 ms and 4 ms after the start of AM ultrasound burst. 
To confirm this, the ultrasound focus was translated within the 
homogeneous phantom perpendicular to the US and optical axes. Measurements 
were made at five points as the distance to US focus was displaced in steps of 5 
mm (Point 1 displacement=0 mm, Point 5 displacement=20 mm) away from the 
optical axis with the CCD exposure time at 0.2 ms (Figure 5.4(b)) and 2 ms 
(Figure 5.4(c)). 
For 0.2 ms CCD exposure time, shear wave propagation did not 
significantly affect the optical measurement, and the amplitude of the UO signal 
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therefore decreased due to the lower degree of overlap between the US focus and 
the optical detection volume, while the temporal position of the peak did not 
change (Figure 5.4(b)). 
 
 
Figure 5.4 (a) Sketch of the positions of the ultrasound focal area relative to the center of the laser 
beam. (b-c) Contrast difference for different positions of ultrasound focal point with 0.2 ms (b) and 2 
ms (c) CCD exposure time. 
For 2 ms exposure time (Figure 5.4(c)) both the amplitude and the delay 
of the peak of the detected UO signal changed, consistent with the time taken for 
the shear wave to propagate into the optical detection volume. This experiment 
not only confirms that longer exposure time can detect slow tissue movements 
due to ARF and shear wave propagation but also enables the estimation of the 
shear wave propagation speed in the medium, through knowledge of the time 
when the measured UO signal peak arrives and the distance between the 
ultrasound focus and the centre of the optical detection area. In this example, the 
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time difference of the UO peak between positions 4 and 5 (separated by 5 mm) 
was ~2 ms, giving an approximate shear wave velocity of 2.5 mm/ms. This is 
close to the result (~2.8 mm/ms) measured independently using a SSI scanner 
(Aixplorer, SuperSonicImagine). It should be noted that the time intervals 
between the neighboring peaks in Figure 5.4(c) are not constant. There are two 
possible reasons: firstly the sampling density of CCD delay time is very coarse (1 
ms) on the x-axis and hence the estimation of the position of the peaks is not 
accurate. Secondly, besides ARF the peaks are also affected by the pure 
ultrasound modulation. For the first two positions, the ultrasound focus area is 
still close enough to the center of the laser beam that the pure ultrasound (5 MHz) 
modulation is also affecting the signal (as confirmed in Figure 5.4 (b)) which can 
bias the location of the peaks towards shorter times. 
Furthermore, I measured the UO signal using different numbers (1~4) of 
AM cycles in the burst when the ultrasound focus was 20 mm away from the 
centre of the optical detection area. (Figure 5.5(a)). Using a 0.2 ms CCD 
exposure time, no signal was detected (red line with squares in Figure 5.5(b)). 
This suggests that the optical signals detected by the CCD camera are not 
affected by pure ultrasound, when the focal area is this far from the centre of the 
laser beam. However, when using 2 ms CCD exposure time, the results suggest 
that the UO signal of multiple AM cycles is the sum of the time shifted UO 
signal of each individual AM cycle. This can be explained as the peak of the 
shear wave generated by the later AM cycles reaching the optical axis while part 
of the shear wave generated by the previous AM cycle is still present in the 
optical detection volume (approximately a cone 10~30 mm in diameter). These 
results provide further evidence that the longer CCD exposure time (2 ms) 
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contains information on the slow tissue movements caused by ARF and shear 
wave propagation. Furthermore, the results also suggest a possible saturation in 
UO signal. 
 
Figure 5.5 (a) Sketch of the relative position of ultrasound focal area to the center of the laser beam. 
(b) Contrast difference for AM bursts with different number of cycles when ultrasound focal point 
was 20 mm away from the centre of the optical detection area. 
5.3.2 Study the shear wave effect on UOT imaging spatial resolution 
In order to optimise the imaging process, the shear wave effect on the 
UOT imaging spatial resolution was studied by scanning an optically 
inhomogeneous phantom. First, measurements were made in the middle of the 
optical absorption area and the homogeneous area. Figure 5.6 shows the effect of 
the ARF and shear wave propagation for two regions of an inhomogeneous 
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phantom (absorbing and non-absorbing, Figure 5.2(a)) for two CCD exposure 
times. For this experiment, a 6 mm diameter absorbing inclusion was used. The 
red dashed and solid lines were measured in a homogeneous non-absorbing area 
using 0.2 ms and 2 ms CCD exposure times and again shows that the signal 
strength for the 2 ms CCD exposure is much higher due to the sensitivity to ARF 
induced particle displacement and shear wave propagation. The blue lines were 
measured when the ultrasound focal area was within the 6 mm diameter 
absorbing cylinder. For the shorter CCD exposure time (dashed lines), only the 
amplitude is different between the absorbing and non-absorbing areas. With 
longer CCD exposure times (solid lines), significantly lower signals can initially 
be observed (0~5 ms) for the absorbing area, but the difference becomes minimal 
after 5 ms. This is because the UO signals caused by the ARF and the shear wave 
were partly absorbed between 0 and 5 ms. After 5 ms the shear wave had 
completely propagated outside of the absorption area, and the signal therefore 
becomes comparable to that measured in homogeneous area (red solid line). It 
should be noted that the shear wave itself has a certain length. Therefore for the 
bulk of the shear wave to propagate out of the absorption area, the shear wave 
front must have travel further than the size of the absorption area. 
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Figure 5.6 Contrast difference versus CCD trigger delay time for a 250 Hz-AM US burst with 0.2 ms 
and 2 ms CCD exposure time in a homogeneous area (blue line) and an absorbing area (red line) 
Second, a 1-D scan of an optically inhomogeneous phantom was made by 
moving the water tank together with the phantom laterally to the optical and US 
axes. The UO signals were recorded at different CCD trigger delay times 
following one AM burst. Figure 5.7(a)&(b) show the spatial profiles of UO 
signals when the 3.5 mm optical absorber within a phantom (Figure 5.2(b)) was 
scanned with various CCD delay times and exposure times. Measurements were 
made with a CCD exposure time of 0.2 ms and a 2 ms delay time following the 
acoustic burst (line L1 in Figure 5.7(a)&(b)). It can be seen that the UO signal 
was reduced and hence presents a negative peak when the absorbing inclusion 
was passed through the US beam as expected. Additional measurements were 
made at different delay times following the acoustic burst with a CCD exposure 
time of 2 ms (Line L2-5 in Figure 5.7(a)&(b)). These latter measurements were 
made to identify the optimum measurement time and to evaluate any 
measurement degradation from shear wave effects. The results show that the 
spatial profile of the UO signal is strongly dependent on the delay time at which 
the measurements were made. With longer CCD exposure time (2 ms), 
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measurements with short delay times are expected to mainly detect the effects 
from the ARF at the acoustic focus as the shear wave has not propagated 
significantly, while at longer delay times the signal would largely pick up the 
effects of shear wave propagation.  
 
Figure 5.7 (a) Comparison of the 1-D spatial profile of an optical absorber obtained with a 0.2 ms 
CCD exposure time measured 2 ms after launching the acoustic burst (L1) with 1-D profiles with a 2 
ms CCD exposure time measured at varying delay times after launching the acoustic burst (L2-L5, 
results of CCD delay time greater than 3 ms not shown in this graph). (b) A plot of the same 1-D 
profiles (L1-l5) as those shown in (a), plus L6-L10 which were obtained with CCD delay times 
between 4 and 8 ms. 
The full width half magnitude (FWHM) of the peak was 4.5 mm with the 
ARF detected with long CCD exposure time (L3 in Figure 5.7(a)&(b)) and the 
FWHM was 7.5 mm for the traditional non-ARF signals measured with the short 
CCD exposure time (L1 in Figure 5.7(a)&(b)). This represents an improvement 
of at least 40% in spatial resolution, given that the actual diameter of the 
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inclusion was 3.5 mm. The differences in ∆C between the peak and the 
background for L3 and L1 in Figure 5.7(a)&(b) were ~0.11 and ~0.053, 
respectively. This represents a 110% improvement in image contrast for the ARF 
modulated signals (L3) than the pure ultrasound modulated signals (L1). The 
signal amplitude and spatial resolution peaked when the measurements were 
made 1 ms after the acoustic burst started. At longer delays the peak in the UO 
signal profile indicates that the absorber starts to blur since the shear wave had 
propagated out of the absorbing inclusion at these times. 
Third, an optically inhomogeneous phantom (Figure 5.8(a)), which has two 
optical inclusions and a centre to centre distance of ~5 mm, was scanned in one 
dimension. The results (Figure 5.8) shows the spatial profile of a UO signal when 
two 3.5 mm optical absorbers within the phantom were scanned laterally through 
the US and optical axes at different delay times following the acoustic burst and 
with a CCD exposure time of 2 ms. Measurements were also made with a CCD 
exposure time of 0.2 ms and a 2 ms delay time following the acoustic burst. The 
results show that when using the short CCD exposure time (0.2 ms) (black line), 
only one dip was detected. When using longer CCD exposure time (2 ms), two 
separate dips can be detected when the medium was scanned at the less than 3 ms 
after the ultrasound was turned on and only one dip after 3 ms because of shear 
wave propagation washing the spatial resolution out. This experiment result also 
demonstrated that shear wave propagation affects imaging spatial resolution. 
However, I can also get improved spatial resolution and image contrast using an 
ARF modulated optical signal if the CCD camera records the images after the 
correct delay time. 
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Figure 5.8 (a) The photograph of the phantom picture taken immediately after the experiments. The 
distance between the centers of these two optical absorbers is ~5 mm. (b) 1-D profiles of two optical 
absorber that were measured with a CCD exposure time of 0.2 ms and a 2 ms delay times (black line) 
and with a CCD exposure time of 2 ms following the acoustic burst at different delay times after 
launching a 250 Hz-AM acoustic burst. 
5.3.3 Study the effect of the mechanical properties on the UOT signal 
To study the effect of the mechanical properties on the UOT signal, three 
homogeneous phantoms with different shear stiffness and similar acoustic 
impedance were subjected to one AM ultrasound cycle. UO signals were 
measured on these three phantoms with two CCD exposure times 0.2 and 2 ms. 
As shorter exposure time cannot capture UO signals due to ARF, it is expected 
that the difference in phantom shear stiffness can only be identified with the 
longer exposure time. 
The results showed in Figure 5.9(a) were measured on three homogeneous 
phantoms with different stiffness but similar acoustic impedance using 0.2 ms 
CCD exposure time. No difference was observed between the phantoms. 
However Figure 5.9(b) shows the results using 2 ms CCD exposure time, 
showing that the UO signal amplitude for the softest phantom (Young‘s modulus 
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~17 kPa) is much larger than the other two stiffer phantoms. This may be 
because the short CCD exposure time only captures the pure ultrasound 
modulation which is insensitive to the stiffness of the medium, compared with 
the longer CCD exposure time which enables detection of effects by ARF and 
shear wave propagation. 
 
Figure 5.9 Contrast difference versus CCD trigger delay time for a 250 Hz-AM US burst with 0.2 ms 
(a) and 2 ms (b) CCD exposure time in different phantoms  
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5.3.4 Detection and separation of optical contrast (optical absorption) 
and mechanical contrast (shear stiffness) on an inhomogeneous 
phantom 
The inhomogeneous phantom, which had inclusions of different optical or 
mechanical properties (see Figure 5.2(b)), was scanned in the lateral direction. 
One AM ultrasound cycle was used and the CCD exposure time was set to 0.2 
ms and 2 ms. The results in Figure 5.10 show two peaks when the 2 ms (longer) 
CCD exposure time was used but only one peak when the 0.2 ms CCD exposure 
time was used.  
 
Figure 5.10 (a) The phantom picture taken right after the experiments. The diameter of the optical 
inclusion (the one on the left) is ~3.5 mm. The diameter of the stiffer inclusion (the one with a red-
dash circle on the right) is ~8 mm. (b) 1-D profiles of an inhomogeneous phantom measured with 
various CCD exposure times and CCD delay times. There are two inclusions inside the phantom. The 
one on the left has added India ink for optical absorption but has the same stiffness with the 
background. The one on the right is stiffer than the bulk of the phantom but has similar optical 
absorption as the background. 
Figure 5.10(b) shows the UO signal profile across the inhomogeneous 
phantom, which includes two inclusions: an optical absorber (on the left with 
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same stiffness as background) and a stiffer object (on the right with same optical 
absorption as background), as displayed in Figure 5.2(b). Firstly measurements 
were made with a CCD exposure time of 0.2 ms at a delay time following the 
acoustic burst of 2 ms (red line). Additional measurements were made with a 
CCD exposure time of 2 ms at a 1 ms delay time following the acoustic burst. 
The results show two troughs when the 2 ms (longer) CCD exposure time was 
used but only one trough when the 0.2 ms CCD exposure time was used. This 
demonstrates that measurements with longer CCD exposure time are able to 
capture both optical and mechanical contrast within the object with this system. 
 
Figure 5.11 A B-mode ultrasound image of the phantom displayed in Figure 5.10(a). The area within 
the dotted-white frame is the area of the cylindrical-harder inclusion. The area within the dotted-
orange frame is the area of the cylindrical-optical absorption inclusion. 
To compare my detection technique with the traditional ultrasound 
imaging technique, the phantom shown in Figure 5.10(a) was scanned by an 
ultrasound scanner (Ultrasonix, Canada). The phantom geometry was shown in 
Figure 5.2(b). Figure 5.11 shows a B-mode ultrasound image of the phantom. 
The ultrasound probe was placed on the top of the phantom (X-Y plane), and the 
ultrasound propagation direction was parallel to Z axis. The stiffer area with a 
diameter of 8 mm is within the dotted-white frame. The optical absorption area 
with a diameter of 3.5 mm is within the dotted-orange frame. The two bright 
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speckles on the bottoms of these two inclusions are caused by air bubbles. The 
stiffer area and the optical absorption area are not visible in the ultrasound image 
shown in Figure 5.11.  
To distinguish optical contrast from mechanical contrast, the phantom with 
two optical inclusions which have similar optical absorption coefficients but 
different stiffnesses, as displayed in Figure 5.2(c), was scanned. The results 
(Figure 5.12(b)) show two troughs with similar amplitude when the shorter CCD 
exposure time (0.2 ms) was used. However, the amplitude of contrast difference 
changed with the delay time for the longer CCD exposure time (2 ms). With a 1 
ms delay time, the two dips still have similar magnitude because the acoustic 
radiation force induced optical modulation at this time was still mostly absorbed 
within the optical absorbers. With a 3 ms delay time, the trough of the stiffer 
inclusion is deeper than that of the other inclusion. This is likely because  3 ms 
after the ultrasound burst was launched, the shear wave front had partly 
propagated outside the optical absorption area. A lower shear wave amplitude 
was generated in the stiffer inclusion on the right so the trough was lower. With a 
4 ms delay time, the dip on the left disappeared, but the dip on the right remained, 
although with a small peak in the middle. This is likely because between 4~6 ms, 
the shear wave fronts totally propagate out of the optical absorbers.  
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Figure 5.12 (a) The phantom picture taken right after the experiments. The diameters of these two 
black-optical inclusions are ~7 mm. (b) 1-D profiles of an inhomogeneous phantom measured with 
various CCD exposure times and CCD delay times. There are two inclusions inside the phantom. Both 
of them have added India ink for optical absorption but have different stiffness. The one on the left 
has the same stiffness with the background. The one on the right is stiffer than the bulk of the 
phantom. T in the legend stands for the measurement delay time following an acoustic burst. 
In this work all the phantoms were left for at least 12 hours before 
experiments and the size of the optical absorbers was always measured just after 
the experiments. This was due to the fact that optical dye was found to diffuse to 
the surrounding areas once the phantoms were made. Therefore the actual spatial 
profiles of optical properties for the optical absorbers are likely to be smooth and 
Gaussian shaped. This explains the shape of the spatial profiles for the optical 
absorbers in Figure 5.7~Figure 5.8, Figure 5.10~Figure 5.12 
5.4 Summary and discussion  
The results demonstrate that UO signals can be enhanced by as much as 
110% by the ARF which induces large tissue displacement but also generates 
shear waves. By controlling the timing of the optical measurements, the shear 
wave effect can be minimized to achieve both improved signal amplitude and 
improved image resolution. By controlling the exposure time of the optical 
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measurements, the optical and mechanical properties of the phantom can be 
distinguished.  
The results also show that the spatial resolution of UOT can be greatly 
improved by the ARF, by at least 40% in our study. This is an interesting finding 
and is likely due to the fact that the ARF is created during a nonlinear process 
and the spatial beam profile of this force is much smaller than the ultrasound 
beam itself in both axial and lateral direction. Studies by Fatemi [84] have 
demonstrated a resolution of 0.7 mm when using this radiation force for acoustic 
imaging. On the other hand, the beam profile of our 5 MHz ultrasound transducer 
is quite large and would certainly cover part of the cylindrical optical inclusion 
even when the acoustic focus is not within the inclusion. 
Zemp et al. [62] have made UO measurements with an intense ultrasound 
burst at a much lower frequency (1 MHz). However, they did not compare the 
image resolution when measurements were made at different time points, nor did 
they investigate the ability of imaging both optical and mechanical contrast. 
Compared with their results on UO signals, our signals are higher when using a 
longer CCD exposure time (2 ms) and lower when using a shorter CCD exposure 
time (0.2 ms). The possible reasons for this are as follows: first, they used a 1 
MHz ultrasound transducer, which is attenuated less and hence generated a 
smaller ARF than the 5 MHz transducer used in this study. Second, I used a 
phantom with an optical reduced scattering coefficient of 5 cm
-1
, which for the 
shorter CCD exposure time (0.2 ms) will give a lower modulated optical signal 
than for the 9.2 cm
-1
 coefficient phantom used by Zemp. Pure ultrasound 
modulation seems to be much less sensitive to the stiffness of the phantoms than 
ARF modulation. Thirdly, I used 2 pixels per speckle rather than 1 pixel per 
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speckle which increases the contrast of the speckle pattern [85]. It should be 
noted that when I used similar parameters as Zemp‘s study, very similar results 
were obtained. 
The phantoms used in this study were made with only agar powder and 
intralipid and no additional acoustic scatterers were added, hence the acoustic 
attenuation of the phantoms was relatively low. Given that the amplitude of the 
ARF is determined by how much the acoustic energy is attenuated, adding 
additional scatterers into the phantom is likely to increase the amplitude of ARF 
and further improve the UOT signals. 
I have demonstrated that our UOT system can observe shear wave 
propagation in phantoms. By adjusting the CCD exposure time, both the optical 
and mechanical properties of the imaged phantoms can be detected and 
distinguished. By using proper timing for CCD data acquisition, acoustic 
radiation force induced optical modulation can enhance UO signals by 110% and 
at the same time improve imaging spatial resolution by 40% in this study. The 
shear wave effect, which was clearly observed in some of the experiments, can 
be minimized. This provides a potentially very exciting tool for noninvasively 
imaging both optical and mechanical properties at centimeter depth with a 
resolution potentially at the scale of a millimeter or even less. 
Chapter 6 
134 
6 2-D imaging using ARF modulated optical tomography in 
tissue phantoms 
In this chapter, I will first briefly introduce this chapter‘s work (section 6.1). 
Second, in section 6.2 and section 6.3, I will describe our 2-D experimental setup 
and give details on the phantoms used. Third, several experiments and their 
results will be presented: 2-D scans using different CCD exposure times with 
different trigger delay times (section 6.4 and section 6.5). Finally, a summary 
and discussion of the experimental work in this chapter will be given in section 
6.6. 
6.1 Introduction 
In Chapter 4, I investigated AM ultrasound modulated optical signals by 
changing CCD camera exposure times and found that at a shorter CCD exposure 
time (0.25 ms), the detected optical signals are mainly affected by the ultrasound 
at 5 MHz. The image contrast difference changes with ultrasound amplitude, 
which changed periodically with the AM frequency (250 Hz), and is mostly not 
affected by the acoustic radiation force or shear wave propagation. The particle 
movements due to acoustic radiation force or shear wave propagation are 
relatively small during a CCD exposure time of 0.25 ms. Short CCD exposure 
times tend to filter tissue motions to reject low frequency movements. However, 
with a longer CCD exposure time (>=2 ms), the detected optical signals are not 
only affected by the high frequency ultrasound signals but also the low frequency 
modulation induced by the acoustic radiation force. By scanning the tissue mimic 
phantoms in 1-D (Chapter 5), I also found that the imaging spatial resolution can 
be affected by the shear wave propagation if the signals were recorded 2~3 ms 
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after turning on the ultrasound bursts. In this chapter, I expanded on our 
experimental system, going from 1D to 2D scanning. By using similar data 
acquisition methods, 2-D images were measured using different CCD exposure 
times at different time points after the AM ultrasound bursts turned on. 
6.2 Experimental setup 
 
Figure 6.1 Experimental Setup: FG, Function Generator; DG: Delay Generator. 2-D scans were 
performed by moving the water tank along the Y and Z axis. 
 
Figure 6.2 (a) The whole experimental setup (b) The 2-D scanning setup. I scan the medium in the Y 
and Z directions. 
The experimental setup (Figure 6.1) is similar to what I described in 
Chapter 5, except I extended our 1-D slide to a 2-D slide by adding a second 1-D 
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motion slide (LG Motion Ltd, UK). All the following 2-D imaging experiments 
were scanned in the Y-Z plane and the ultrasound transducer (V307, Olympus, 
US) was positioned in the middle of the phantom along the X direction. 
6.3 Tissue phantoms 
 
Figure 6.3 (a) Inhomogeneous phantom geometry. The black cylinder represents the cylindrical 
inclusion containing India ink. Its height (5 mm) is along the X axis. The diameter of this cylinder is 
between 5 and 6 mm. (b) the phantom picture taken right after the experiments. 
An inhomogeneous phantom was created (Figure 6.3(a~b)) with 0.8% agar 
(mass concentration) in water and 0.4% intralipid (volumetric concentration). 
The phantom in Figure 6.3(a) contained a cylindrical inclusion, which was 
positioned in the middle of the phantom. The inclusion contained an optical 
absorber, containing India ink, and had a ~6 mm diameter (Y-Z direction) and a 
~5mm height (X direction), and the same agar (stiffness) and intralipid 
concentrations (optical properties) as the phantom. For all experiments, the 
acoustic wave was applied parallel to the Z axis, and the optical beam was 
applied perpendicular to the acoustic wave and along the X axis.  
6.4 Experimental methods 
2-D images were measured by scanning the phantom in Figure 6.3 in Y-Z 
plane while the ultrasound was focused on the center (~10 mm) of the phantom 
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in the X direction. The scan was performed in 1 mm steps along the Y and Z 
axes. 
6.4.1 2-D image acquisitions with different CCD exposure times 
In Chapter 4, I compared the detected optical signals measured with 
different CCD exposure times. Figure 4.10 shows that the detected optical 
signals oscillate periodically when 0.25 ms and 2 ms CCD exposure times were 
used. But the signal level using a 2 ms CCD exposure time is higher than when 
using a 0.25 ms CCD exposure time. In order to compare the spatial resolution 
and imaging contrast of 2-D images, I measured the peak signals showed in 
Figure 4.13 by choosing the best CCD trigger delay times. While one AM 
ultrasound cycle was used, 2-D results were compared using two different CCD 
exposure times: 0.2 ms (with a CCD trigger delay time of 2 ms) and 2 ms (with a 
CCD trigger delay time of 1 ms). 
6.4.2 2-D image acquisitions at different CCD trigger delay times 
I compared the spatial resolution and imaging contrast between images 
measured at different CCD trigger delay times when five cycles of AM bursts 
were applied. The first measurements were made with a CCD exposure time of 
0.2 and 2 ms and a 6 ms trigger delay times following the acoustic bursts. 
Additional measurements were made with a CCD exposure time of 2 ms at 1 ms, 
5 ms, 9 ms and 13 ms trigger delay times following the acoustic bursts. 
Chapter 6 
138 
6.5 Results 
6.5.1 Spatial resolution and imaging contrast of 2-D images with 
different CCD exposure times 
 
Figure 6.4 (a) A 2-D profile of an inhomogeneous phantom measured with a 0.2 ms CCD exposure 
time and a 2 ms CCD trigger delay time. (b) A 2-D profile of an inhomogeneous phantom measured 
with a 2 ms CCD exposure time and a 1 ms CCD trigger delay time. (c) 1-D profiles taking along the 
midline (Z=9 mm) from (a) and (b). (d) 1-D profiles taking along the midline (Y=0 mm) from (a) and 
(b). 
The result in Figure 6.4(a) shows a 2-D image captured with a 0.2 ms CCD 
exposure time and a 2 ms CCD trigger delay time. Figure 6.4(b) shows a 2-D 
image captured with a 2 ms CCD exposure time and a 1 ms CCD trigger delay 
time. Comparing these two results using different CCD exposure times, the 
signal level and the spatial resolution are ~36.6% and ~32.8% higher by using 2 
ms CCD exposure time than 0.2 ms. The spatial resolution and imaging contrast 
of the 2-D image do not increase as much as the 1-D results measured in Chapter 
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5. The optical modulation due to ARF seems to be more affected by the 
geometry of the optical absorber than the pure ultrasound. One possible cause is 
the geometric difference between the phantoms. In Chapter 5, I used cylindrical 
inclusions which stretch from the top to the bottom along the direction of the 
ultrasound propagation (Z axis) (Figure 5.2). The existence of acoustic radiation 
force within part of the cylinder outside the acoustic focus may have caused 
overestimation to the optical absorption. In this study only a small optical 
absorber was embedded in the phantom. The geometry of the phantom is shown 
in Figure 6.3. The absorber does not cover the whole path of the ultrasound. 
When ultrasound focus was aligned with the optical absorber, some of the 
detected light is still modulated by the ultrasound. Further experiments and 
studies using phantoms with different sized optical absorbers are needed to verify 
the above explanation . 
1-D profiles along the Y and Z axes are shown in Figure 6.4(c~d). It can be 
seen that the signal level which was measured using the 2 ms CCD exposure 
time decreased with increasing ultrasound focal depth into the phantom (Z 
direction—Ultrasound wave propagation direction). However, the signal level 
when measured using the 0.2 ms CCD exposure remains constant with the 
change in depth of ultrasound focus in the phantom. It is likely to be caused by 
the acoustic attenuation in the phantom. With the ultrasound focal area moving 
deeper along Z direction in the phantom, the travelling path of the ultrasound is 
longer and more energy is transferred to the phantom. Further studies are needed 
to investigate the relative decrease in imaging contrast using ARF and the 
decrease in UO signals along the ultrasound beam direction deeper into the 
phantom.  
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6.5.2 Spatial resolution and imaging contrast of 2-D images with 
different CCD trigger delay times 
 
Figure 6.5 (a~b) 2-D profiles of an inhomogeneous phantom measured with a 0.2 ms CCD exposure 
time and 2 ms and 6 ms CCD trigger delay times. (c) 1-D profile taking along the midlines (Z=9 mm) 
from (a) and (b). (d) 1-D profile taking along the midlines (Y=0 mm) from (a) and (b). 
Figure 6.5(a~b) show 2-D images with a 0.2 CCD exposure time, and 2 
ms and 6 ms CCD trigger delay times. Figure 6.5(c~d) show the 1-D profiles 
along the Y and Z axes. From the results I can see that the detected signals are 
not affected by the trigger delay time. These results again demonstrate that the 
signals detected using a short (0.2 ms) CCD exposure time are not affected by 
the low frequency movements induced by the ARF and shear wave.  
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Figure 6.6 (a~d) 2-D profiles of an inhomogeneous phantom measured with a 2 ms CCD exposure 
time and 1 ms, 5 ms, 9 ms and 13 ms CCD trigger delay times. (e) 1-D profile taking along the 
midlines (Z=9 mm) from (a~d). (f) 1-D profile taking along the midlines (Y=0 mm) from (a~d). 
Figure 6.6(a~d) show 2-D images measured with a 2 ms CCD exposure 
time and different CCD trigger delay times of 1 ms, 5 ms, 9 ms and 13 ms. 
Figure 6.6(e~f) show the 1-D profiles of the signals along the Y and Z axes. 
These results show that the spatial resolution and imaging contrast is best when I 
measured the signal at 1 ms and poorer with longer delay times. These results 
demonstrate that the spatial resolution is affected by ARF and shear wave 
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propagation, when a long CCD exposure time (2 ms) was applied. The signal 
level increased with the CCD trigger delay time. This is caused by shear wave 
reflection and a standing wave within the phantom. 
6.6 Summary and discussion 
2-D images were obtained with different CCD exposure times and trigger 
delay times. The spatial resolution and imaging contrast of 2-D images measured 
with a short CCD exposure time (2 ms) but at different CCD trigger delay times 
(2 ms and 6 ms) do not change with time. Using a long CCD exposure time (2 
ms) and different CCD exposure times (1 ms, 5 ms, 9 ms and 13 ms), the spatial 
resolution of the 2-D images decreases with the increase in trigger delay time. 
These results again demonstrate that short CCD exposure times tend to filter 
tissue motions to reject low-frequency vibrations and are only sensitive to high 
frequency movements, and using long CCD exposure times, the effects of low 
frequency movements induced by ARF and shear waves on optical signals can be 
detected. With a proper trigger delay time, the spatial resolution and imaging 
contrast can be improved compared with using ultrasound. The initial results also 
suggest that the images are affected by the acoustic attenuation and the spatial 
extent of the radiation force.  
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7 Summary and discussion 
7.1 Summary and discussion 
This thesis describes research on a type of new medical imaging technique 
called ultrasound modulated optical tomography (UOT). This thesis includes 
both experimental research and computer simulation studies. This work begins 
with a general review of current medical imaging techniques such as X-ray 
computerized tomography, magnetic resonance imaging, ultrasound imaging, 
and biomedical optical imaging. A comparison between different medical 
imaging modalities was made and the advantages and current challenges of 
ultrasound and optical imaging techniques were given. (cf. Chapter 1). Following 
this is an introduction to the acousto-optic (AO) effect and UOT and its 
mechanisms. UOT imaging uses ultrasound to modulate light scattering through 
tissue. Scanning ultrasound across tissue and measuring the change in optical 
signal can measure local tissue properties. UOT may improve traditional optical 
and ultrasound imaging techniques by combining their benefits such as non-
ionizing radiation and the high contrast of optical techniques and high resolution 
of ultrasound techniques. One current limitation of UOT is a low signal-to-noise 
ratio (SNR). Increasing optical signal modulated by ultrasound can increase SNR. 
One method of increasing optical modulation is to increase particle displacement 
by use of the phenomena called acoustic radiation force (ARF). However shear 
waves generated by ARF can reduce image spatial resolution because they 
continue spreading and inducing optical modulation far out of the ultrasound 
focus area (cf. Chapter 2).  
Summary and discussion 
144 
I programmed in C on a Monte Carlo simulation tool to simulate the 
modulation of photons traveling through a realistic ultrasound field. This code 
was used to investigate the relationship between ultrasound pressure induced 
particle displacement and detected optical signals. First, I generated the 
ultrasound fields at different pressure magnitudes using Khokhlov-Zabolotskaya-
Kuznetsov (KZK) code, which takes into account the combined effects of 
ultrasound diffraction, absorption, and nonlinearity. Second, I combined these 
simulated ultrasound fields with the Monte Carlo simulation to calculate the 
ultrasound modulation of photons. This was the first ever study on the 
dependence of first and second harmonic ultrasound modulated optical signals on 
ultrasound pressure amplitude. I found that the ultrasound modulated optical 
signals begin to saturate with higher ultrasound pressure. I also compared 
nonlinear ultrasound with linear and found that when using nonlinear ultrasound, 
second harmonic ultrasound modulated optical signals are only slightly larger at 
higher pressures than when using linear ultrasound. This may be due to greater 
attenuation of higher frequencies in the medium and the interference of optical 
wavelets that are phase modulated at the ultrasound fundamental frequency. (cf. 
Chapter 3). 
I began my experimental study by looking into the effect of low frequency 
(250 Hz) amplitude modulated (AM) ultrasound on optical signals using a CCD-
based speckle contrast detection system. Using varying exposure times, a CCD 
camera measured speckle patterns while a phantom was illuminated by a green 
laser and insonified by AM ultrasound. When the exposure time is a fraction of 
the AM period (0.25 ms), the detected optical signal oscillates at the AM 
frequency reaching maximum values equal to continuous-wave (CW) ultrasound 
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(5 MHz) induced optical modulation. These results demonstrate that when using 
a shorter CCD exposure time (0.25 ms), the detected optical signals are only 
affected by ultrasound (5 MHz) modulation. With a longer exposure time, the 
UOT signal becomes greater than CW ultrasound (5 MHz) modulated optical 
signals, due to ARF and shear wave propagation induced low frequency 
oscillations of the particles, which are in the range of several tens of micrometers. 
The detected optical signals decrease with decreasing peak-to-peak AM 
ultrasound amplitude or increasing AM frequency when a longer CCD exposure 
time of 2 ms was applied. These results experimentally prove that larger 
ultrasound amplitudes or lower AM frequencies will generate a larger acoustic 
radiation force and larger detected optical signals. (cf. Chapter 4).  
The next part of this thesis describes study of the effects of acoustic 
radiation force and shear waves on sensing absorption and stiffness in ultrasound 
modulated optical tomography. I exposed a tissue-mimicking phantom to an one-
cycle AM ultrasound burst and a green laser, and measured optical speckle 
pattern using a CCD camera and then calculated speckle contrast difference. The 
centers of the laser beam and the optical detection area were aligned and by 
moving the focal area of the ultrasound transducer away from the center of the 
laser beam, I was able to observe shear wave propagation. The image spatial 
resolution was carefully studied by varying CCD exposure time and CCD trigger 
delay time (image acquisition time). I demonstrated that with the correct CCD 
trigger delay time, ARF induced optical modulation can enhance detected optical 
signals and spatial resolution and that the shear wave effect can be minimized. 
By adjusting CCD exposure time, optical and mechanical properties of a 
phantom can be detected and distinguished. Using ARF modulated optical 
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signals may be a potential new tool for measuring optical and mechanical 
properties at centimeter depth and millimeter resolution (cf. Chapter 5). 
By scanning in two orthogonally different directions, 2-D images of 
phantom optical properties were measured. Just like with 1-D scans (cf. Chapter 
5), the CCD exposure times and trigger delay times were changed. With a shorter 
CCD exposure time (0.2 ms) and different trigger delay times (2 ms and 6 ms), 
which only detects ultrasound (5 MHz) modulated optical signals, the spatial 
resolution and imaging contrast of images does not change with the CCD trigger 
delay time. However, with a longer CCD exposure time of 2 ms, the spatial 
resolution and imaging contrast decreased with the CCD trigger delay time. 
These results correspond to those in Chapter 6, however, I found that (i) the 
imaging contrast and the spatial resolution are ~36.6% and ~32.8% higher, 
respectively when using the 2 ms CCD exposure time than the 0.2 ms. The 
spatial resolution and imaging contrast of the 2-D image do not increase as much 
as the 1-D results measured in Chapter 5. (ii) The signal level of the results 
measured using the 2 ms CCD exposure time decreased with increasing depth of 
the ultrasound focal area in the phantom (Z direction—Ultrasound wave 
propagation direction). However, the signal level of the results measured with 
0.2 ms CCD exposure remains constant versus the change in depth of the 
ultrasound focus in the phantom. I listed possible causes of these results in 
Chapter 6. Further studies are needed to confirm these explanations. 
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7.2 Key contributions 
During my PhD study, I have made the following contributions to UOT: 
1. I studied through simulation: (i) the relationship between particle 
displacement induced by ultrasound and the modulation of the optical 
signal and (ii) ultrasound nonlinear effects on modulated optical signals 
with increasing ultrasound amplitude. This work has been presented at 
SPIE conferences, and a manuscript was published through SPIE [73]. 
2. I setup our lab‘s first UOT experiment system and experimentally 
investigated a low-frequency oscillating acoustic radiation force (ARF) 
caused by an AM modulated ultrasound signal on optical signals. This 
work was published in Optics Letters [78]. 
3. I experimentally studied the effects of shear wave propagation induced by 
an ARF on the spatial resolution of UOT. By using a correct CCD 
exposure time and trigger delay time, the spatial resolution and imaging 
contrast of the UOT can be improved up to ~40% and ~110%.  I found 
that by varying CCD exposure times, areas with different optical and 
mechanical properties can be distinguished. This work was published in 
Optics Express [86]. 
4. I extended this experimental system from doing 1-D scans to doing 2-D 
imaging. I found that (i) acoustic attenuation can affect the detected 
optical signal when the ultrasound is focused deep in phantom and (ii) the 
ultrasound near field may also contribute to the modulation of optical 
signals.  
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7.3 Future work 
7.3.1 Optimise the current experiment system 
The first question, whose answer would help improve the current system, is 
to evaluate the system spatial resolution. I used Indian ink as an optical absorber 
for all my experiments. However, the Indian ink diffused out into the agar-
intralipid phantom after injection. The smallest optical absorber that I made was 
~3.5 mm, although its original size before diffusion was 2 mm. To determine the 
absolute minimum spatial resolution, a better material for making point optical 
absorbers must be found. 
The second parameter that needs refinement is the CCD exposure time. I 
used a CCD exposure time of 2 ms to detect the acoustic radiation force and 
shear wave induced modulation on optical signals, but the CCD exposure time 
can be further optimized to improve both the spatial resolution and the signal to 
noise ratio. 
The third parameter to optimize is the time delay between each group of the 
triggers. Shortening the measurement time is always important, especially for 
clinic applications. Currently, I used 4 s between each group of measurements to 
allow time for the testing medium to settle and for the PC to save images. A 
group of 1-D scans with a scanning length of 50 mm needs 3 minutes. This 
scanning time can be shortened if I find the shortest possible times between each 
trigger and trigger group. 
7.3.2 Imaging on real tissue phantom 
The work described in this thesis used a tissue-mimic phantom made from 
an Agar and intralipid. The thickness of the phantom is 2 cm. This work can be 
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progressed by studying UOT using real animal tissue. However, using real tissue 
and realistic tissue depths will reduce light intensity and it is necessary to 
increase the optical penetration depth. Increasing the optical wavelength or 
optical input power may increase the optical penetration depth. A high-power 
pulsed infrared laser could be used instead of the current CW laser. 
7.3.3 Future Applications 
There are exciting areas of clinical application which can be explored in 
the future for the proposed UOT technique. For example, this technique has great 
potential in cancer detection, as the technique is capable of detecting 
simultaneously two hallmark features of many cancers (e.g. breast cancer): 1) 
optical property changes due to increased blood supply in the tumour and 2) the 
mechanical property changes due to changes in the tissue structure. Considering 
the penetration depth of the light, cancers such as breast cancer or prostate cancer 
would be two good candidate applications. If the system can be miniature then 
endoscopic applications would also be possible. Furthermore, the technique may 
be used as a treatment monitoring tool, e.g. for high intensity focused ultrasound 
(HIFU) surgery, in which case the HIFU ultrasound transducer can be used to 
generate both the therapeutic wave and the monitoring wave. 
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